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Abstract
This thesis attempts to address the challenge of low signal in fluorinated gas ventilation
imaging and optimize imaging methods considering the particular MR parameters of CsFg by
the following approaches:
(i) Exploration of coil designs capable of imaging both proton (*H — 63.8 MHz at 1.5T) and
fluorine (**F — 60.1 MHz at 1.5T) nuclei involved:

1. The novel use of microelectromechanical systems to switch a single transceive vest
coil between the two nuclei was compared to hard-wired or PIN diode switching.

2. The design of an 8 element transceive array with an additional 6 receive only coils
for 1°F imaging. MEMs was utilized for broadband transmit-receive switching.

3. The amalgamation of a ladder resonator coil with a 6-element transceive array to
reduce SAR and improve transmit homogeneity when compared to standard vest coil
designs.

(i1) Development of imaging methods involved:

1. The optimization and comparison of steady-state free precession and spoiled gradient
¢ imaging with CsFg at 1.5T and 3T. Simulation of the optimal SNR was verified
through comprehensive phantom and in-vivo imaging experiments.

2. The investigation of compressed sensing via incoherent sparse k-space sampling to
maximize the resolution in '°F ventilation imaging under the constraint of low SNR.
Retrospective simulation with hyperpolarized gas images were corroborated by
prospective °F imaging of a 3D printed lung phantom and in-vivo measurements of
the lungs.

(iii) In-vivo ventilation metrics obtained by '°F ventilation imaging were explored by:

1. The in-vivo mapping of T1at 1.5T and 3T and mapping of FV and T  at 3 T. The
apparent diffusion coefficient (1.5T) and the evaluation of ventilated volume (1.5T
and 3T) was also compared to imaging performed with 12°Xe (1.5T).

2. The optimization of imaging for the evaluation of percent ventilated volume with °F

at 3T with a commercial birdcage coil.
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Chapter 1 Introduction

1.1 Motivation

The objectives of this thesis are to improve the state-of-the art with regards to 1°F fluorinated
gas pulmonary ventilation imaging in the following three ways: (i) to develop effective, novel
and optimized radio-frequency coils for excitation and reception of magnetic resonance signal
with both °F and *H nuclei; (ii) to optimize the imaging sequences used and image acceleration
techniques, e.g. compressed sensing, for imaging CsFg; and (iii) to investigate the potential
application of fluorinated gas imaging against ventilation imaging with hyperpolarized gas

imaging.

1.2 Thesis Outline

Chapter 2 provides an introduction of basic MRI methods and theory including signal
detection, image formation and compressed sensing. Following that, an overview of previous
research and various applications of inert gas MR imaging of lungs and the current state-of-
the-art is detailed. The application of thermodynamic equilibrium fluorinated gas imaging vs.
hyperpolarized gas imaging is then compared, and finally the theoretical and experimental
methods of RF coil design and previously employed methods of dual-tuning coils is reviewed.

Chapter 3 is the first chapter of original work, and described within is the design, simulation
and measurement of a vest coil for imaging both fluorinated gas and proton. MEMS switches
are used to switch the coil resonance between the Larmor frequency of the two nuclei and
MEMS switching is compared to hard-wired switching or switching with the use of PIN diodes.
Key coil performance measurements between the different switching methods are provided.

Chapter 4 presents an improved vest coil design for imaging '°F and H using an 8-element
transceiver array for improved SNR and additional 6 receive-only coils. MEMS are employed
for transmit-receive detuning with the 8-elements and performance is compared to the use of
PIN diodes in terms of switching speed and isolation. SNR improvement over a single
transceive element is simulated and measured and experimental comparison to the theoretically
obtainable maximum SNR is investigated.

Chapter 5 demonstrates a novel vest coil design utilizing a mixed-mode excitation of a
ladder resonator structure. Through improved approximation of the current patterns of a
quadrature-driven birdcage coil, reduced SAR and improved transmit homogeneity are
demonstrated, and derivation of the tuning for mixed-mode excitation is provided. The

transmit/receive performance is compared to the previously detailed coil array.

1



Chapter 6 contains simulated and experimentally validated improvement of SNR in 3D
ventilation imaging with CaFg utilizing a steady-state free precession (SSFP) sequence. The use
of SSFP compared to the normally used spoiled gradient echo (SPGR) sequences is compared
in phantom measurements at both 1.5 T and 3 T and in vivo measurements at 1.5 T. The MR
relaxation parameters of CzFg are shown to be particularly suited for SSFP when compared to
other fluorinated gas compounds.

Chapter 7 investigates the potential application of compressed sensing, via reconstructing
incoherently undersampled MR data, for maintaining SNR, while improving effective
resolution of fluorinated gas imaging. Retrospective optimization via simulation using two
different reconstruction methods using a dataset of *He 3D lung imaging is validated by
measurement with °F imaging of 3D printed lungs. The optimized compressed sensing
parameters takes into account the expected lower SNR of 1°F imaging and is demonstrated with
in vivo imaging.

Chapter 8 demonstrates the application of improved CsFs image quality provided by the
constructed 14-element receive array, SSFP imaging image resolution optimization to the voxel
wise measurement of physiological related MR parameters such as ventilated volume, T1, T2,
apparent diffusion coefficient and fractional ventilation. The acquisition of images and
parametric maps with suitable SNR and higher resolution than previously obtained at 1.5 T are
demonstrated and compared to data acquired at 3 T. Additionally, comparison to similar
ventilation imaging carried out with ?°Xe is shown for relative assessment of ventilated
volume and apparent diffusion coefficient with the two inhaled gases.

Chapter 9 summarizes the optimization of imaging parameters for protocol development
and the registration/segmentation methods for measurement of ventilated volume at 3 T.
Additionally, the results of analysing a cohort of healthy volunteers is presented.

Chapter 10 summarizes the findings presented in each of the thesis chapters and the
challenges and future directions for future coil design and the application of *°F MR imaging

and its limitations based on the work presented here.



Chapter 2 Background

2.1 Introduction

The principles of nuclear magnetic resonance (NMR) were first described by Bloch and
Purcell (1, 2). Their experiments quantified the behaviour of nuclear spins precessing in a static
magnetic field, thereby opening up the field of NMR research. The later developments of
Lauterbur and Mansfield (3, 4) provided a practical and robust method of using magnetic field
gradients to encode image information that laid the foundation for the field of magnetic
resonance imaging (MRI).

MRI has proven to be valuable clinical, diagnostic and research imaging modality that does
not require ionizing radiation, and provides better contrast for soft-tissues (grey matter, fibrous
connective tissue, muscular tissue, etc.) than other imaging modalities, such as computed
tomography (CT) (5, 6) or ultrasound. Conventional MR imaging targets the *H nucleus to
provide structural and physiological information about the human body, while MRI of other
nuclei, such as 3He, 13C, 12Xe, 1°F, 22Na, 3P, provides a multitude of additional information.
This chapter provides an overview of the basics of MRI and the application of lung imaging
with MRI.

2.2 Principle of NMR

The basics of the phenomenon of nuclear magnetic resonance and nuclear spin are based on
models presented and developed in quantum physics and are described in detail in references
(7-10). The most pertinent details are described as follows.

Neutrons and protons on their own have a property known as spin angular momentum. In
atoms, protons and neutrons pair up with opposite spin partners in non-degenerate states. If
there are an odd number of protons or neutrons the atomic nucleus has a non-zero spin angular
momentum given by:

S =nl (2-1)
where A is Planck’s constant, S is the spin singular momentum and I is the spin operator. For

a spin ¥z nuclei the Pauli matrix representation of I is expressed as:

=500 D=0 D= (] )

where o are the Pauli matrices, which shows the potential values that the spin may take in a
chosen Cartesian coordinate system. The spin angular momentum results in a magnetic dipole

moment given by:



u=ySs (2-3)
where y is the gyromagnetic ratio, which is a constant for every nuclei. The gyromagnetic ratio

may be expressed as:

_ Inln (2-4)
h

where g, is the nuclear g-factor of the particle/atomic nucleus and p is the nuclear magneton.

The magneton expresses the relation for the classical result for the magnetic moment of a

charged particle moving in a circle with an effective angular momentum of #, given as:

_eh @)
2m

where e is the charge (1.602x107° C for proton and electron) and m is the mass of the particle,

Up

respectively (11). In classical physics there is no analogy explaining the presence of the
magnetic moment for the neutron, while in quantum mechanics the expected spin g-factor of a
spin ¥ point particle such as the electron may be derived as approximately 2. On the other
hand, for free nucleons, the experimental spin g-factor is far from the expected value for point
particles: it is 5.586 for the proton (expected value 2) and -3.826 for the neutron (expected
value zero) (11). This was one of the first lines of evidence that the nucleons are not point
particles, and in fact are each made up of three quarks (one up, two down for the neutron and
two up, one down for proton), and adding the magnetic moments of the quarks gives rise the
magnetic moment of each nucleon.

In atoms, nucleons typically pair up (neutrons with neutrons and protons with protons) and
align in opposite spin states, so that only unpaired nucleons contribute to the overall angular

momentum and magnetic moment. Therefore, it could be expected that magnetic quantum
number, m;=[—1I,—I + 1, ..., I], would only have values that are m; = [—%,%] for an unpaired

neutron or proton (such as *H), or m; = [—1,0,1] for an atom with both an unpaired neutron
and proton (such as 2H). Generally, the case that the g-factor is negative or positive will come
from whether the contribution to the angular momentum is from unpaired neutrons or protons,

respectively.
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Figure 2-1: a: energy state diagram of “orbitals” in the nuclear shell model and b: example test cases for energy
state filling by nucleons for 'O and °F, where it is demonstrated that the model does not absolutely predict the
spin states for 1°F.

For more complicated nuclei the internal structure of the nucleus and the interaction between
nucleons must be considered. The nuclear shell model is analogous to the atomic shell model
and helps to explain the presence of higher values spin states. In this model nucleons occupy
independent energy states that are analogous to orbits and an associated energy difference is
required to transition between states, which is generally much larger than the energy associated
with collisions between nucleons in lower energy states. With inclusion of a spin-orbit potential
the introduction of sub-shells predicts the presence of spin>1 nuclei, and for the majority of
odd nucleon isotopes the model also predicts the correct value. However, there are many
exceptions found, as based in the shell filling diagram in Figure 2-1b *°F should have spin 5/2,
but is in fact is spin 1/2. The difference can be somewhat accounted for by recognizing that the
nucleus of °F is not spherical (12), leading to different splitting of the energy for the different
sub-shells. This is the case for many other nuclei, such as many of the different isotopes of Na
(13). The atomic shell model helps to explain the different g-factors of nuclei, where the

predicted g-factor depends on the contribution from all the nucleons in the valence shell and



the angular momentum from both the spin and the orbital angular momentum. For the
remainder of this thesis it will only be necessary to review the behaviour of spin %2 nuclei for
the application of MRI. The relevant MR characteristics of common isotopes are listed in Table
2-1, demonstrating the large range of gyromagnetic ratio among common MR sensitive
isotopes. MRI is most often performed using *H, because of its abundance in the human body
and high gyromagnetic ratio leading to high obtainable signal relative to other nuclei. However,
the other isotopes listed are also relevant and can provide information about biochemical and
physiological changes that occur within the body. The focus of this thesis is imaging using

inhaled inert gases, which here involves the °F, 1Xe, or *He nuclei.

Table 2-1: The relative abundance and gyromagnetic ratios of common Isotopes used for in vivo MRI (14).

Isotope Spin Abundance Gyromagnetic ratio Larmor
(%) v rad Frequency at
107 *sT 1.5T (MHz)
H /2 99.9885 26.752 2128 63.9
*He 1/2  0.000137 -20.380 1587 48.7
13c 1/2 1.07 6.728 284 16.1
OF 1/2 100 25.181 48 60.2
2Na  3/2 100 7.080 8493 16.9
81p 1/2 100 10.8394 25.9
129%e  1/2 26.44 -7.3997 17.7

The Zeeman effect refers to the splitting of energy levels in the presence of a static magnetic
field (B). The Hamiltonian describing the interaction of the magnetic moment with B is:
H=Hy-p-B (2-6)
where H,, describes the Hamiltonian of the nuclear system in the absence of Zeeman splitting
due to kinetic and potential energies and —u - B is the spin contribution to the Hamiltonian,
Flspin. H, is assumed to commute with the Hamiltonian describing the spin operators and
therefore may be treated separately. It is customary to choose the coordinate system so that the
static magnetic field is oriented with Z, so B = By2. The potential energy of the nuclear

magnetic moment is therefore described by:

E=—p-Byz=—p,Boz (2-7)



where B, 2 is the static magnetic field. Since the spin operator has multiple values, as shown in

equation (2-2) for a spin % system, this leads to non-degenerate energy states for the nuclear
spin. For example, for a spin % nuclei like H,'°F,'?Xe or *He, m, = i% and the energy
difference between the parallel and anti-parallel states is given by:

AE = yhB, (2-8)

The Zeeman energy diagram of this energy difference is shown in Figure 2-2.

AE=YhB
By=0 ’

+

u

B()?l:o Y

Figure 2-2: a: Zeeman energy levels for a spin ¥z nucleus and b: orientation of magnetic moment of spin %2 nucleus
that is parallel to the static magnetic field.

Following the principles of statistical physics this results in two populations of nuclei; those
in the parallel (n;) and those in the anti-parallel (n,) state (15).The population ratio of the two

states is given by:

M _ g-BE/kpT (2-9)
U

where k;, is the Boltzmann constant and T is the temperature. The net resulting magnetization

is given by:

M. = Ny?r*I(I + 1)B, (2-10)
o~ 3k, T

Since there is no energy difference for the orientation of magnetic moment in the transverse

plane the angle of the magnetic moment is random, but the absolute value of the magnetic

moment is given by:
|tay| = YAVIUT + 1) — 12 (2-11)

Therefore, the orientation of the magnetic moment in the static magnetic field may be
represented as in Figure 2-2b. The state of the spin system with time, |y (t)), is described by

the unitary time-evolution operator (10):

R iHgpint 2-12
[w(®) =T®O[YO) =e™r [1p(0)) = e "B y(0)) (12



As a demonstrative example, if the system is originally in the eigenstate given by:

) = (D) o) =5 (D) w0 = (§) (213)

the time progression of the state is then given by:

e~ ¥Bo e~t¥Bot —iVBot> (2-14)

lpx_,_(t)):\;_( WBOt) Py (1) = \/—(ieiygot>'¢z(t)):(e ’

The expectation values with time of the spins in this initial state are then determined by:

(8) = (Wt [SxYx )X + Wy ISy [y )Y + (WS, 1,02 (2-15)

This is expanded as:

h 0 17[e-irBot/2 (2-16)
(S) Z[ l]/Bot/Z —l]/Bot/Z [ ] [ iyByt/2 ]
ﬁ [einot e—inot/Z ] [ _WBOt/Z]
4‘ l LelVBOt/Z
h_ 1 0 1[e-ivBot/2]
E [elyBot/Z 0] [O _1] [ 0 ]Z

with the result that:

h, . ho, . h (2-17)
—— lyBot —iyBot\ % lyBot _ ,—1YBot\5 -
(S) 4(e +e )x+—4i(e e )y—i-zz

h

h h
= Ecos(wot)a? + Esin(wot)y + 52

so the expectation value of the spin precesses about the static magnetic field with angular
frequency w,, designated by the Larmor frequency given by w, = yB,.
In the semi-classical sense, it can be stated that the rate of change in angular momentum
(torque) induced by a static magnetic field is given by:
oJjh 10 -
% _ ; a_ptt % B (2-18)
Assuming an initial transverse magnetization, and the magnetic moment is aligned with the
static field B, 2, the resulting change in the magnetic moment is then given by:

op (2-19)

5 = = wo(py® — (1Y)

Therefore, taking the y-axis as the imaginary component of the transverse magnetization so

that u,, =u, + iu,, the transverse component of the magnetic moment is given by:
.uxy(t) = eiwot.uxy(o) (2-20)

which again represents a precession about the static magnetic field with angular frequency w,.

It is interesting to note that the result obtained in equation (2-17) makes no explicit use of the

8



torque produced by a static field on a magnetic moment, but results in the same solution for the

time progression of the magnetic moment vector as the semi-classical approach.

2.3 Excitation of Transverse Magnetization
In the presence of a time varying transverse magnetic field By, with angular frequency w,
the Hamiltonian in equation (2-6) is modified to:
H=Hy—pu-(B;+By2) (2-21)
The resulting change in the expectation value of the magnetic moment vector can be most
easily described in the rotating reference frame where:
x' = cos(wt) X — sin(wt) y (2-22)
y' = sin(wt) X — cos(wt) y
z'=2
In the rotating reference frame an effective (“fictitious”) field B,. is produced given by B,. =

_y—"’?. The new modified spin Hamiltonian Flspin = —u - (B1 + ByZ) in the rotating reference

frame is then:
J a w\ 2-2
HSpin__H.(BI+BOZ+BT)__M'<Bl+(BO__>Z> ( 3)

If w=w, the spins are at rest in the rotating reference frame and Hspm = —u-B4. The
transverse magnetic field B, can be decomposed into two counter-rotating components (16,
17):

B, =B + B (2-24)
gt - (Byx cos(wt) + By sin(wt))/2 %
1 (—le sin(wt) + By cos(wt))/Z y
B = (Byx cos(wt) — By sin(wt))/2 %

(le sin(wt) + By, cos(wt))/Z y
where B and B are the right and left circularly polarized components of B;. The left
circularly polarized component has an effective negative frequency of rotation, —w, and over
time does not interact with the precessing magnetization so that the spin Hamiltonian can
instead be more usefully written as ﬁspin = —u - Bf. This is already in the form given in
equation (2-6), for which the evolution of the magnetic moment was solved both quantum
mechanically and semi-classically. Therefore, in the rotating reference frame we can instead

comfortably apply the equation for change in angular momentum presented in equation (2-18)



to the thermal equilibrium bulk magnetization. The change in the magnetization with the

application of B is thus described as:

oM -
EZVMXBI (2 25)

Similar to equation (2-20), the magnetization with time during the application of the B field
is then given by:
M = My(cos(a)z' + sin(a)y’) (2-26)
where the flip angle, a, is:

t 2-27
a=y f Bj dt. (2-27)
0
This demonstrates the process by which a transverse magnetization is excited, which then

precesses about the direction of the static magnetic field according to equation (2-38) after the

perturbing field B is removed.

2.4 Relaxation Processes

In an unperturbed and isolated system there would be no process to induce transitions
between spin states, so that the expectation value of a spin system would be described
effectively by the result in equation (2-17). Thus, to be able to model the relaxation processes
that leads to the thermal equilibrium magnetization of equation (2-10) it is necessary to
introduce a perturbation into equation (2-6). A mechanism/model of perturbation that has a
strong physical basis and can been used to describe relaxation in a quantifiable way for many
practical cases is the dipole-dipole interaction between magnetic moments. In the case of a
system of two spins/dipoles the Hamiltonian is modified to (18):

. h2yy;
H = —< |r|’3 ’) GBU;-n{I;-r)-1;-1)

Using the coordinate system shown in Figure 2-3a H' can be expanded as:
ZiIZjFO (2-29)
+[(Ixi - ilyi)(lxj + ilyj) + (Ixi + ilyi)(lxj - ij)]FO
(L + i) + (L + il i | Fy
+[(Ixi + ilyi)(lxj + ilyj) + (Ixi - ilyi)(lxj - ij)]FZ

Where the geometric functions F,, F; and F, are given by:

A=

Fo = k(1 — 3 cos?6(t)) (2-30)
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3 .
Fi=—3 k sin O (t) cos 8(t) e'¢®

3 .
F,=— 7 k sin? 6(t) e?2¢®

k= h*yy;/Irl?
The change of spin states can therefore be seen to arise from the orientation of the dipoles
fluctuating relative to each other.
The transition probabilities per unit time are denoted w;; and u;; for the longitudinal and
transverse components of the spin, respectively. An energy state diagram is shown in Figure
2-3b showing the transitions for the longitudinal spin states. The transition probability per unit

time between longitudinal states (i;) is given by:
2 (2-31)

Vi = e

t
[ Gty eereoa
0

and the transition probabilities for the transverse states can be defined similarly. As the
functions in (2-28) are randomly fluctuating with time they have associated autocorrelation
functions, G, (), defined by:

Gn (1) = (R (OF,(t + 1)) (2-32)
where the autocorrelation function has been established as having an exponential form given
by:

G,(7) = G, (0)e~t/7) (2-33)
Consequently, it can be seen from equation (2-29) that the transition probabilities take the
form of Fourier transforms of the autocorrelation function (designated the spectral density

function). For the sake of brevity only the explicit form of w, 5 is stated here as:

tq . 2 1 1 (2-34)
—Go(t) e i @imeptgr = ——(F,(0)?
[RICERE B O o=y

Wi3

T th? ~ 8n2

The additional transition probability per unit time can be found in a similar manner. With the
transition probabilities established it is possible to define the rate of change of the longitudinal

and transverse parts of the spin (assuming like spins with the same gyromagnetic ratios) as:

d(l;, + I.,) (2:35)
# = —2(W12 + W13)(Iiz - Il'ZO + I]Z - IjZO)

d(li + I;
% = _Z(ulz + u13)(lix - IixO + Ijx - Ijxo)

thus, this is a differential equation resulting in a simple exponential decay with relaxation times

given by:

11



1 3 hiy* T, 47, (2-36)
—_ =2 -
T, Wiz + wi3) 10 b® [1 + w?t,? + 1+ 4w2rcz]
3 h?y* 51, 27,
— =2 == |3
T, (U2 +1115) 20 bs [ o w272 Mg 40)2%2]

Tz is the spin-lattice relaxation time and characterizes the return of the magnetization to the
thermal equilibrium of its surroundings (the lattice). T2 is the spin-spin relaxation time and
characterizes the decay of the transverse magnetization by phase decoherence through
interaction with local magnetic field inhomogeneity due to molecular interactions/processes,
such as the dipole-dipole interaction described here. T2 is always lower or equal to Tz since any
process that induces spin-lattice relaxation also induces spin-spin relaxation. Processes that
only induces spin-spin relaxation are called secular contributions to the relaxation. The secular
interactions are independent of the Larmor frequency and depend only on the correlation time
(related to molecular motion), as shown for the first bracketed for 1/T> in equation (2-36). This
means that for solids or very viscous fluids, where correlation times are extremely long, the T»
becomes extremely short (right of the minimum in Figure 2-3).

As water is a highly abundant in the body it provides an interesting example for evaluating
the applicability of equation (2-36). If the distance between H nuclei in the molecule is taken
as 1.58x 1078m then the variation of the relaxation parameters with correlation time is as
shown in Figure 2-3. The correlation time of water is known to vary greatly with the viscosity
(19) and for typical solutions can encompass much of the range shown. In different tissues
within the human body the T1 has a typical range of 200-4000 ms, while the T> has a typical
range of 1-2000 ms at 1.5 T. The approximation shown in Figure 2-3 matches experiment to
with an order of magnitude, but more accurate theoretical predictions require: including the
effect of neighbouring molecules, the presence of dissolved gases and the potential presence of
paramagnetic ions.

In the case that one of the spins has a much larger gyromagnetic ratio, such as the spin of a
paramagnetic ion, there is no significant perturbation on the state of the ion’s electronic spin
induced by the nuclear spin. Furthermore, in such a paramagnetic solution typically the
relaxation is close to the extreme narrow case (left of minimum in Figure 2-3) where T; = T,.

As such, the decay constants for the nuclear spin system are simply given by:

1 1 h*hyh (2-37)

T, T, b5 ¢
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Although only the dipole-dipole relaxation was detailed explicitly there are other mechanisms
that induce relaxation that are a result of fluctuating magnetic field either caused by
microscopic atomic interactions, or from macroscopic variations in the field.

In gases, such as ?°Xe and °F, the correlation time becomes largely related to the kinetic
collision time (20). For the case of inhaled ?®Xe gas the presence of paramagnetic oxygen
becomes the determining factor for T1/T», and therefore T1/T> changes from hours when
isolated to <20 s in the lungs. In fluorinated gases the rotational and intermolecular dipole-
dipole interactions are predominant and T1/T2 is nearly identical and very short (<20 ms for
CaFs). Consequently, the T1/T2> becomes dependent on the partial pressure, due to the direct
relation with mean collision time. Therefore, the presence of oxygen has a similar effect as
with 12Xe of lowering the T1/T,, but in contrast the mechanism is by increasing the free
diffusion coefficient of the gas mixture (T1/T2reduced to <8 ms when CsFg is mixed with >95%
02).

13
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Figure 2-3: a: Spatial orientation diagram of dipole-dipole coupling interaction, b: energy state diagram for
coupled dipole-dipole system and c: predicted relaxation times based on only intramolecular dipole-dipole

coupling between 'H atoms in a water molecule.

2.5 The Spin Echo and Free Induction Decay

Based on the theoretical background provided in sections 2.2-2.4 the behaviour of the

magnetization during NMR can now be described effectively. In the rotating reference frame

the equations of motion for the bulk magnetization are defined by the Bloch equations (8),

given as:

(M)
ot

w
—=yM><<BO+?+BI>—

Mxy _ Mz(t) - MO 2 (2'38)

T, T
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where M,, is the transverse component of the magnetization and M, is the longitudinal
component of the magnetization. Inhomogeneity in the static magnetic field reduces the T» to
the effective time constant T, given by:

1_1.1 (2-39)
T, T, T,
where T, depends on factors such as magnet design and regions of high variation in tissue

susceptibility.

a M,=M,(1-e~ /T2 M =-M,(1-e T2 2 M=y (14 eme (200 e (2)/M),
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Figure 2-4: a: Spin diagrams demonstrating the state of the magnetization during the FID/Spin-echo NMR
sequence in the rotating reference frame. As an illustration, the transverse magnetization is split into multiple
vectors representing groups of spins with greater and lower frequencies of precessional rotation that contribute to
phase decoherence resulting in the decay of the transverse magnetization. b: An illustration of the time dependence
of the transverse magnetization during the spin-echo.

According to the defined equations of motion the behaviour of the bulk magnetization in a
typical NMR spin-echo experiment is shown in Figure 2-4. In this example, following a brief
application of the BT RF field (an RF pulse) the bulk magnetization is tipped in to the
transverse plane by a 90° angle, as described by equation (2-27), and the transverse

magnetization decays according to:

M,, = Mye /T2y’ (2-40)
After a time TE/2 a 180° RF pulse is applied. As demonstrated in Figure 2-4, spins that are
precessing at slower/faster rate than the central Larmor frequency due to AB, begin to return
to phase coherence, and the transverse magnetization is described by:
— _Moe—lTE—tl/TZ*e—t/szl (2-41)

M,,
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Thus an echo is formed at t = TE and the magnetization at this time point is dependent on the
decay constant T, (any decay due to AB, is reversed after the application of the 180° pulse).
During this time the longitudinal magnetization has also been returning to its thermal
equilibrium according to the relaxation time constant T; according to:

Mo(1—et/™)2,0 <t <TE/2 (2-42)

TE

Me= My (1 temrerane ()M Ze_(t_%)m> Z—-<t

The example of the spin-echo reveals the basic time-evolution of the magnetization vectors
in NMR, assuming short RF pulses relative to the relaxation and a homogeneous sample. In
practice, the finite length the RF pulse and spatial dependence of the parameters can be included

with more comprehensive simulation with equation (2-38).

2.6 Receive Signal

From the principle of reciprocity, the open-circuit voltage induced on a coil (or any analogous
electromagnetically reactive detecting device) by a time varying magnetic field is directly
proportional to the magnetic field produced by the coil, B,., where the ‘hat” symbol indicates

that it is the field produced per-unit-current. The induced voltage is given by (21):

v = - [ B, M@ 0ar (2-43)

It can be shown that only the left circularly polarized component of the magnetic field is

sensitive to the MR signal, so the resulting induced voltage is more accurately given as (8, 22):

V(t) = C%J w(r)By M, (T, t)e iw®tgy (2-44)

By mixing the resulting time domain voltage waveform with the carrier signal e!®™?¢ the

resulting signal equation is:

S(t) = e%j w(r)B] M, (r, t)dr (2-45)

2.7 Spatial Encoding of the Signal

The use of gradient magnetic fields to encode image information was one of the most
fundamental technological advances in the formation of the field of MRI. For image formation,
linear variations in the static magnetic field, By, are introduced by three different gradient coils.
The full imaging system is shown in Figure 2-5a, with a diagram of the windings of a gradient

coil in Figure 2-5b. Gradients create a linear variation in the precession frequency which cause
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a change in the phase and frequency encoding information in the spatial-frequency domain,
which is quantified with:
t
k(t) = —% fo G, dr (2-46)

where G,.is the gradient vector applied, in units of T/m, and k(t) represents the position in “k-
space”.

Assuming that the gradients applied are the only modifying term to the precession frequency
in a volume, w(r) = k(t) - r, the application of the gradients modifies the signal voltage in
equation (2-45) to:

i . ) ]
S(t) = eZw f B M, (r, t)e~ 2k Ty (2-47)

Obtaining an image from the acquired time domain signal requires performing the inverse

Fourier transform, resulting in:

—in

wOEIMxy(T, t) =e 2 J S(t) ei21‘ck(t)~rdk (2'48)

This shows that the image obtained in MRI is in fact a spatial measurement of the factor
wOEIMxy(r, t). In practice data is acquired at discrete time points and the integral is replaced
with the discrete Fourier transform. The resulting image is explicitly dependent on the receive
sensitivity By, while M, (r,t) has a spatial and time dependence that depends on the

relaxation parameters (2-38) and applied RF magnetic fields Bj (r, t).
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Figure 2-5 a: MRI system diagram (reproduced with permission from (23)) © 1998 IEEE and b: schematic of the windings
for a Gy gradient coil (reproduced with permission from (24)).
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2.8 Imaging Sequences and Methods

2.8.1 2D and 3D Imaging

In 2D imaging the BT RF pulse is applied with frequency w,, while G, is applied
perpendicular to the slice direction during the RF pulse (timings shown in Figure 2-6a). The
RF pulse amplitude is modified with a carrier function sinc(2mBWggt) so that a resulting slab
is excited with thickness As equal to:
_ 2mBWpr (2-49)

YGr

In practice, the RF pulse shape is different than a sinc pulse since it must be limited in

As

duration and the pulse waveform is designed for minimal duration, while maximizing
selectivity and linearity (25). This same slab is excited for each variation of the phase encoding
direction, while the gradient in the frequency encoding/readout direction is applied each time
to obtain lines of k-space in a Cartesian sampling pattern. In 3D imaging a homogeneous
excitation pulse without applied gradient may be employed, with phase encoding also applied
in what constitutes the slice selection direction of 2D imaging. For 2D imaging a 2D Fourier
transform is applied on the k-space data acquired for each slice/slab, while for 3D imaging a

3D Fourier transform is applied to the acquired k-space data.
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Figure 2-6: Imaging sequence diagrams for gradient echo imaging included the a: spoiled gradient echo sequence
(with three gradient recalled echoes) and b: balanced steady-state free precession sequence

2.8.2 Spoiled Gradient Echo

In the sequence shown in Figure 2-6a a spoiling gradient is applied after every readout
gradient that de-phases the transverse magnetization and spoils the precessing signal. In
addition, phase shifts can be applied to each RF pulse to prevent refocussing of any residual
transverse magnetization. The resulting steady state transverse magnetization at time t=TE (at
the centre of k-space) in this sequence therefore is T, independent, relying on Ty and the T,

decay after each excitation, and is given by (26-28):

_TE _TR (2-50)
e Iz (1 —e T1>sin(a)
_IR
1—e Ticosa

M, (r,TE) = M,
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TR
Using the Ernst angle, @ = cos™ (e T1), that maximizes the steady state magnetization

(29), the steady state magnetization is given by:
e—TE/TZ*(l _ e—TR/Tl) (2-51)
Though not explicitly stated, the parameters Ty, T, and M, are spatially dependent.

M,,(r,TE) = M,

The resulting image SNR is related to the transverse magnetization by (28):

Mxy Navg Mxy T Taq
SNR AV/ AV S [
M, BW ~ M, |N,|TR (2-52)

where BW is the bandwidth per-pixel, N4 is the number of averages, AV is the voxel size,

N,, is the number of phase-encode steps, T, is the readout gradient acquisition time (1/ BW)
and T; is the total imaging time. The factor T,, /TR represents the efficiency of the sequence
in terms of maximizing the fraction of the TR devoted to sampling the signal. The expected
optimal T,, with SPGR is close to T,, = T, (305).

Imaging timing parameters that impact upon TE and T, include the following: the RF pulse

width (T,,,) and imaging gradient encoding/refocusing delays before (Tp,) and after (Tp,)
frequency encoding. Therefore, TE=—= Tow Tp, + T“" and Tyq = TR — Ty, — Tpy — Tp,. These

variables are labelled in Figure 2-6.
Images reconstructed from multiple echoes may be combined by the sum of squares of each

of each individual echo, so that the image SNR is given by:

(1—e TR/Tl) (2-53)
SNR X — o ———= /T e_TDl/TZ z e‘(zn(Taq'i'TDE)—Taq)/Tz*
V1 = e—2TR/Ty
n=0:(m-1)

where Tpg is the delay between readout of multiple echos. For a rapid 3D SPGR imaging

sequence and for most tissues for *H imaging, TR « T, S0 5%—::/2 =
2.8.3 Steady State Free Precession

The balanced steady state free precession (b-SSFP) sequence shown in Figure 2-6 uses
additional gradients that wind back the dephasing caused during phase and frequency encoding
each k-space acquisition repetition. This results in a steady state magnetization that depends on
the propagation of transverse coherence from the previous excitations. The derivation of the
transverse magnetization during each pulse is detailed in reference (30) as follows.

During each TR, the nutation of the magnetization caused by the RF pulse is given by:
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R,=|0 cosa sina

0 —sina cosa

1 0 0 ] (2-54)

while the free precession over a time t is given by:

cos(2nAft) sin(2rAftr) 0 (2-55)
P(t) = [—sin(ZnAfr) cos(2mAfT) 0]
0 0 1

where Af is the off-resonance frequency (the difference between RF excitation frequency and

transverse magnetization precession frequency). If the relaxation matrix is given by:

[e;—; 0 ol (2-56)
CD=|9 e o |
l 0 0 e;_lrJ
then the relaxation over the time t due to T.and Ty is given by:
0 (2-57)
D(7) = (I - C(T)) 0 ]
Mo

So the resulting magnetization after each RF pulse (at time TE) is related to the magnetization
after the previous RF excitation by:

M(r,t + 1) = P(TE)C(TE)R,P(TR — TE)C(TR — TE)M(r,t) (2-58)
+P(TE)C(TE)R,D(TR — TE) + D(TE)

Dependence on T2" does not appear explicitly in this equations, which is a reasonable
approximation as it is expected that the transverse magnetization will refocus at time TE~TR/2
(31). However, similar to the spin-echo sequence it is expected that from this time-point there
is an additional T." component that causes signal decay away from the centre.

Equation (2-58) describes the transient behaviour of the SSFP sequence, while the steady-

state magnetization of the SSFP sequence can be shown to be (32):

_TR _TR
e (1 —e Tl)sin(a)

_TR _TR _TR _TR
1—<e T —e T2>cosa—e T2e T

(2-59)

Mxy(r) = MO

However, this equation is only valid for the case that the RF pulse is on-resonance
(alternating by 180° each pulse). The effects of off-resonance excitation frequency is shown in
Figure 2-6. The SSFP sequence can result in higher signal than SPGR, and allow signal to be

weighted by T2 and Ti rather than T,", but off-resonance artefacts, like the banding in Figure
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2-6, are prevalent. In addition to inhomogeneities in Bo resulting in banding, inhomogeneities

in FA can result in similar nulls.
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Figure 2-7: Steady state magnetization as a function of RF offset between pulses and image including banding
artifacts as a result of regions with offset center frequencies (reproduced with permission from reference (32))

2.8.4 Signal in Hyperpolarized Gas Imaging

The natural thermodynamic (Boltzmann) equilibrium longitudinal magnetization density of
TP nuclei is given by equation (2-10) (15). However, HP gases have an artificially enhanced
magnetization density of (132):

A ]
M; = NP % (2-60)

here M; is the initial longitudinal magnetization of the HP sample at the start of imaging, P is
the polarization percent (typically 10-40%) and N is the density. The signal dynamics of HP
MRI differs from conventional TP MRI since the non-renewable longitudinal magnetization is
depleted with the application of RF excitations and due to T1 decay as the longitudinal
magnetization returns to its TP equilibrium. For SPGR imaging, instead of equation (2-50), the
dynamics of HP magnetization are described by (33)

TE (n—-1)TR (2-61)

M,,(r,n,TE) = M;e e T sin(a)cos(a)™ L.

The signal strength is mainly determined by the magnitude of signal at the centre of k-space.
Therefore, for typical sequential Cartesian sampling, the angle that maximizes the signal at the
centre of k-space (a,,.) is given by

1 (2-62)

JN,/2 = 7

Aope = tan™!(
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where N,, is the number of phase encodes (equivalent to the number of RF pulses). Contrary to
acquiring k-space in a sequential manner, acquiring the central k-space lines first will result in
the highest signal, but result in blurring of the image (discussed in section 2.8.6). In this case
equation (2-51) may still be applied as an approximation of the optimal FA.

For SSFP imaging with HP the non-renewable longitudinal magnetization also results in
different signal dynamics then in TP imaging (34). Thus, equations (2-54)-(2-58) are modified
such that there is an initial starting magnetization M, (r,0) = M; that is much greater than the
thermal equilibrium magnetization M,. Consequently, the P(TE)C(TE)R,D(TR — TE) +
D(TE) terms can typically be neglected as M; > M,.

For 12°Xe HP gas imaging it has been shown that, in the optimal case, the longitudinal
magnetization at the centre of k-space (Mz(r, N,TR /2)) will be approximately 50% of M;,
with a FA~10°, such that M,,(r,N,TR/2)~0.5M;sin(10°)(35). Thus a factor 2-4
improvement in SNR is expected compared to SPGR imaging with comparable optimized
imaging parameters (36). However, this case cannot be generalized for all HP imaging since
the results is highly dependent on the particular relaxation parameters of 12°Xe in-vivo.

2.8.5 Diffusion Weighted Imaging

One parameter that is typically measured by MRI to characterize lung function is the apparent
diffusion coefficient (ADC), which is a measure of the magnitude of diffusion. There are a
number of different sequences that can be used to measure diffusion, such as the diffusion
weighted spin echo sequence (37). The most relevant sequence for measuring the ADC in the
study of inert gas MRI, as presented in this thesis, is shown in Figure 2-8, where the diffusion
is measured in the ¥ direction. The ADC is measured by applying opposite polarity gradients
in succession during imaging and relating the effect of restricted diffusion due to the lungs on
the expected loss of signal due to dephasing from the gradients with and without free movement

of the molecules (38) as will be detailed further in section 2.10.2.
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Figure 2-8: A typical sequence used for ADC measurement. (reproduced with permission from (39))

2.8.6 K-space Filtering and Point Spread Function
Although the steady state signal for SPGR and b-SSFP may be described effectively by

equation (2-50) and equation (2-59), k-space filtering due to transient behaviour during a
sequence, and the transverse magnetization decay during the gradient echo, are additional
factors affecting image formation. The impact of k-space filtering may be characterized by the
point-spread function (40, 41). If the ideal image is taken from equation (2-48) to be directly
proportional to M,.,(r, TE), then the filtered image, If;., is given by:

Iiye < M, (r, TE)®PSF (1) (2-63)
where PSF (1) is the point spread function. Since data in MRI is acquired in the k-space domain
the optical transfer function OTF (k) = F(PSF(r)) may be used to describes the k-space

filtering according to:

Flgue) < F (May(r, TE)) OTF (k) (2-64)
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where F is the Fourier transform operator. In the case of filtering along the readout direction
(typically designated kx filtering) the decay of transverse magnetization (T2 decay) results in
an altered point spread function leading to blurring. For gradient echo imaging, filtering in the
phase encoding directions occurs partially due to the transient oscillation in the magnetization
prior to reaching the steady state condition. Figure 2-9a shows the expected signal decay curves
for ky and kx points acquired in a 2D SPGR sequence assuming a Cartesian sampling pattern
and uniform relaxation parameters as labelled in the figure. In reality, the tissue parameters
vary significantly between tissues and the decay will affect the resolution of different tissues
separately. However, as a demonstrative example the affect these decay curves would have on
a hypothetical 2D brain image with all tissues having the same relaxation parameters is shown
in Figure 2-9b.
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Figure 2-9: a: k¢ and ky filtering curves for a 2D SPGR sequence with given sequence parameters and MR
relaxation parameters and b: corresponding PSFs and resulting filtered images given an ideal 2D brain image.

2.8.7 Compressed Sensing and Parallel Imaging

To perform the discrete Fourier transform required by equation (2-48) for image formation
full Nyquist sampling of k-space is required. This places a fundamental limit on the acquisition
time possible in MRI. Compressed sensing and parallel imaging are related methods of
undersampling k-space, whilst obtaining an artefact free image resulting in reduced acquisition

time. The acceleration factor (AF) is the ratio of sampled points to the amount required for full
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Nyquist sampling, and characterizes the degree of undersampling. Parallel imaging generally
uses the additional information provided by the different sensitivity profiles of the coil elements
in receive arrays. Two classes of parallel imaging methods exist: image domain based methods
like sensitivity encoding (SENSE) (42) and k-space based methods like SiMultaneous
Acquisition of Spatial Harmonics (SMASH) (43). Both these methods involve skipping phase-
encoding lines of k-space as shown in Figure 2-10, which results in the folding-in of the image

domain data, but the methods of recovering the fully sampled image are different.

(a) k-space Image space

FovV

% FOV

Figure 2-10: Demonstration of parallel imaging where compared to a: fully sampled k-space and resulting image
b: skipping k-space lines results in a folded-in image (image reproduced with permission from (44)). Parallel
imaging involves the reconstruction of the unfolded image with the partially sample k-space.

In SENSE (42) the fully sampled image is reconstructed for a set of superimposed pixels of
number n, less than the number of separate receive channels n,;. For each pixel in the folded-
in image (ex. location of folded-in pixel I,_, in Figure 2-11) the complex coil sensitivities at
each of the unfolded fully sampled image pixel positions (ex. p; _, in Figure 2-11) are contained
in the n; X n, coil sensitivity matrix, C:

Cip =s5/(1,) (2-65)

With the sensitivity matrix, the unfolding matrix is calculated as:
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U= (c*y-1c)cHy1 (2-66)
and for each folded in pixel the vector containing values from the multiple elements, I, is used
to reconstructed the unfolded pixel values with:

p=UI (2-67)

The elements of the noise covariance matrix, ¥, are found as

1 N
Wi = ﬁkzlnik Nj

where N is the number of sampled points of a reconstructed fully sampled noise image (image

(2-68)

acquired without RF excitation) used to determine the noise statistics and n, and n;; are the
measurements by receiver i and j, respectively, for point k.
The SNR using SENSE is given by:

SNRpyy (2-69)
SNRyecon = g\/%

where the g-factor g represents the loss in SNR due to the inability of the coil sensitivity

profiles to fully encode the missing information due to undersampling and is given by:

2-70
g= J(C}flp—lc)—lp’p(cﬂ-[lp—lc)plp ( )
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Figure 2-11: llustration of the basic SENSE relation using(Figure reproduced with permission from (44)).
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Generalized Autocalibrating Partially Parallel Acquisition (GRAPPA) (45) is a similar but
generally more robust method than SMASH where missing/unsampled points in k-space are
obtained by weighting surrounding sampled k-space points according to (46):

Sj(ky, ky + mAk,) (2-71)

Amax bmax

Z Z Z n(, a,b, |, m)Sy(ky + abky, k,, + (br + 1)Ak,)

=1 a=—amax b=—bmax

where §; is the k-space measurement for coil j, N is the number of coils and the values of a4, and
bmayx determine the number of k-space point in the k, and k,, direction used for the interpolation. The
weighting parameters n(j,a, b,l[,m) are calculated from the central k-space lines acquired for
calibration, where S; is a vector containing the target k-space points to be reconstructed and S; is a

vector containing the surrounding known/measured k-space points. Similar to SENSE, GRAPPA also
has an associated g-factor, (47) which is similar in pattern when calculated for equivalent coil
geometries and images, but is also typically larger. However, GRAPPA is a self-calibrating method that
does not require acquisition of an additional sensitivity map, that may be mismatched in position or of
insufficient quality to perform accurate SENSE reconstruction.

ky

Sl
AL
AL

Figure 2-12: Reconstruction kernel with three coils. Points in gray correspond to acquired data, auto calibration
lines are shown in black. To estimate the signal at unsampled points, the weights are determined from the auto
calibration lines. (Figure reproduced with permission from (46))
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2.8.8 Compressed Sensing

The parallel imaging methods described thus far skip lines of phase encoding in a regular
pattern resulting in folding-in of the image. Another method of undersampling termed sparse
sampling involved sampling the central part of k-space and then under sampling in a random
or incoherent manner for k-space points outside the central region as shown in Figure 2-13.
Rather than folding in, undersampling results in incoherent noise/aliasing in the image domain.
Therefore, the method of reconstruction of k-space sampled in this way is different to that with
parallel imaging and requires the removal of the incoherent noise based on known properties
of the reconstructed image. Namely, the property that MR images are sparse in some domain,
and/or that the aliasing caused by the undersampling behaves in a way that can be reproduced
and removed based on the reconstructed image.

One method of correcting for the incoherent noise is to use the non-linear conjugate gradient
descent (NLCG) algorithm to modify the data to enforce the sparsity of the data (48). In the
NLCG method the conjugate-gradient descent algorithm is used to minimize the function (48):

f() = [|Fux — }’“% + AXfmlllefmxul + Ay llYryxlly (2-72)
where F, is the undersampled Fourier transform, y is undersampled Kk-space, x is the
reconstructed undersampled image and Yy, is the sparsifying domain transform. The
operator Yy is a total variation (TV) transformation that quantifies the spatial variation of x
and is typically included as an extra regularization term to maintain image quality. The
weighting terms Ay ¢, A7y, determine the trade-off between sparsifying and maintain original
k-space data consistency.

Equation (2-72) is minimized by the iterative modification of the undersampled image by:

IAf (xis D13 2-73
Xiv1 = X% — t(Vf(xi31) + W Vx; (2-73)

where Af(x) and Vx; are the gradients of f(x) and x; and the constant parameter t(<1)
determines the rate at which the algorithm minimizes (2-72) with each iteration. The gradient
in f(x) for each iteration of (2-73) is given by:

Yxrmx Yryx (2-74)

x| [Yryxl

Af(x) =2F;(Fux—y) +AXfm

One benefit of this method over parallel imaging is that multiple receive channels are not
required. However, the reduction in SNR is difficult to quantify in sparse sampling, and there
is no equivalent g-factor since the error introduced is not a geometric variable. This also means

error is not introduced from the mismatch of the sensitivity profile acquisition.
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A more recent advance in reconstruction is the iterative self-consistent parallel imaging
reconstruction (SPIRIT) method which includes information from multiple channels to
reconstruct sparsely sampled data with arbitrary sampling patterns (49). SPIRIT is similar to
GRAPPA in that it reconstructs the data within the k-space domain, but the kernel changes
with each reconstructed points and uses the info from other reconstructed k-space points.
SPIRIT is still largely a parallel imaging method, but the modified version £1-SPIRIT (50)
includes the general algorithm of SPIRIT with the additional modification that the
reconstruction of the missing k-space data satisfies an equation similar to equation (2-72).

With the evolving state of parallel and compressed sensing methods there is no clearly
superior method of accelerated MRI. SENSE and similar image based methods require an
accurate sensitivity map, which is not possible to obtain in many applications and can be highly
affected by motion and SNR. GRAPPA requires self-calibration lines for k-space, which
reduces the level of AF possible for lower resolution imaging. Even though GRAPPA is more
robust, in the ideal case it typically results in a higher SNR penalty. However, the method of
£1-SPIRIT and other related hybrid techniques may prove to be better reconstruction and

sampling methods.

Acceleration factor and Inverse Fourier Discrete Wavelet
ky-kz sampling pattern Transform Transform

Figure 2-13: Examples of variable density undersampling patterns with different accelerations. (reproduced with
permission from (51))
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2.9 Inert Gas MRI for Lung Imaging of Diseases

2.9.1 Lung Physiology and function

Each of the lungs are contained within a double-layered membrane called the pleura that
forms the pleural cavities. The trachea is the largest airway and connects the triple-lobed left
lung and the double-lobed right lung. In each lung the trachea splits into the primary bronchi,
which further divides for approximately 23 generations of binary branches. The major airways
conduct gas to the respiratory zone, which consists of the peripheral airways with bronchioles
and alveolar sacs at the end, where oxygen diffuses into the blood by gas exchange between
alveoli and the blood in capillaries. In healthy lungs the alveolar-capillary wall is thin and the
distribution of inhaled gas to the alveolar sacs is rapid and mostly homogenous, with some
natural heterogeneity due to gravitational (52) and other effects (53). Lung diseases affect the
delivery of oxygen to the blood by different pathophysiological mechanisms resulting in a less
efficient gas exchange. MRI is used in a number of ways to monitor and characterize the
mechanisms of lung disease, providing detailed and regional information not obtainable by
other modalities of lung function testing.

2.9.2  Pulmonary Function Tests

There are various tests used in diagnosing and treating lung disease to determine the severity
of obstruction(54). Some of these include the following, which will be detailed further: lung
volume tests, diffusion and gas exchange tests and the measurement of forced expiratory
volume in one second (FEV1) compared to the forced vital capacity (FVC).

Figure 2-14a shows the different lung volume sub-divisions corresponding to different levels
of lung inflation. To measure lung volume a test subject/patient may be placed in a special
sealed box and the volume of the different lung capacities can be measured by changes in
pressure in the box. In restrictive lung conditions lungs cannot expand fully because lungs have
lost elasticity.

The diffusing capacity for carbon monoxide is a measure of the ability of gas to transfer
from the alveoli to the red blood cells. The alveolar volume, regional variation in ventilation
and thickness of the blood-gas barrier affect the indirect measurement of perfusion. After
patients breath in some carbon monoxide, hold their breath for some time (about 10s), then
exhale, the amount of exhaled carbon monoxide is compared to the predicted value based on

age and ethnicity.
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Finally, the measurement of FEV1/FVC is performed by have the test subject/patient
forcefully exhale from total lung capacity into a spirometer (the device that is used in measuring
lung function) and then comparing the total volume of air exhaled in one second to the total
than can be exhaled. The normal range of FEV1/FVC is 0.75-0.85, and a value lower than 0.7
is indicative of obstructed lung function, while restrictive lung diseases often produce a
FEV1/FVC ratio that may be normal or high. A representative example of volume flow for a

normal or obstructed forced expiratory lung function test is shown in Figure 2-14b.
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Figure 2-14: a: A volume-time graph representing lung inflation level during a typical breathing pattern. b:
Representative diagrams of forced expiratory flow with for the case of healthy and obstructed lungs. Lungs with
obstructed flow are typically characterized by reduced flow with expiration.

2.9.3 Lung Imaging

In lung diseases airflow and ventilation are regionally impaired, so alveoli are not supplied
with enough oxygen. A perhaps more direct method of assessing lung function than the
pulmonary lung function test described previously is imaging with MRI through ventilation
imaging of inhaled inert gases during breath-hold (55, 56). Performing ventilation imaging of
the inhaled gas is an approximate measure of the density throughout the lungs. In conjunction
with anatomical imaging of the surrounding tissue through *H imaging, the assessment of total
lung volume, percent ventilated volume (%VV), and ventilation heterogeneity (57) can be
obtained. The %VV is found as the fraction of the lung cavity that is ventilated, defined by the
boundaries of the anatomical image, that contains a concentration of inert gas after inhalation
discernible in ventilation imaging. The measurement of fractional ventilation (FV) is a related

method where imaging is performed over multiple breaths and the increase/decrease in gas
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concentration is determined for each pixel during wash-in/wash-out of the tracer gas (58, 59).
Compared to ventilation imaging, fractional ventilation can provide more specific regional lung
information and may correlate better with overall lung function (58).

Further to ventilation and diffusion imaging, there are methods of measuring the
ventilation/perfusion ratio (V/Q) (60-62). For example, by imaging the dissolved phase of a
tracer gas (*?°Xe) alongside ventilation imaging (62). In healthy lungs the amount of gas that
dissolves into the blood should be approximately proportional to the gas that is distributed to
the alveoli. In diseased lungs, inflammation, disruption of blood flow and/or damaged lung
tissue may lead to mismatch between ventilation and perfusion. In many such cases there may

be normal or unimpaired ventilation, but abnormal perfusion.

2.9.4 Different Lung Diseases

Lung diseases cause disability, reduced economic productivity, suffering and death for
millions. Furthermore, 6 million hospital admissions a year and one in eight of all deaths each
year are due to respiratory illnesses and lung conditions (63). As such, lung diseases have a
huge cost to hospital care and treatments, as well as a huge associated economic burden due to
the loss of productivity for people that also may die early because of them. Estimations of the
total direct and indirect costs to the lung disease to the European Union alone exceed £380
billion each year (64). Therefore, improved methods of diagnosis and monitoring have large
potential value for the treatment of the following described conditions.

Asthma is a condition where airways are hyper-responsive to different stimuli, such as
histamines or exercise, resulting in bronchoconstriction and chronic or acute inflammation.
Patients with asthma have obstructed lung function and will have abnormal FEV1/FVC, but
typically normal FVC. Asthma begins in the peripheral airways and results in remodelling of
the airways from chronic inflammation process can result in permanent obstruction and chronic
mucus plugging. Therefore, early detection with ventilation imaging can help improve patient
outcomes.

Cystic fibrosis (CF) is a genetic disease where the regulation of the production and
elimination of mucus and digestive fluids is affected. This leads to blockages and inflammation
in the lungs. In CF changes occur peripherally in the small airways (65) and by the time a
change in global lung function by methods such as spirometry is detected major damage may

already be caused (66). Patients with CF may have both restricted and obstructed lung function.
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Chronic obstructive pulmonary disease (COPD) is used as an umbrella term to describe
irreversible airflow obstruction in specific diseases such as chronic bronchitis and emphysema,
partially characterized by narrowing of the airways because of chronic inflammation. A major
cause of COPD is smoking (67). Late diagnosis and under-treatment contribute to the high
mortality of COPD, so early detection to treat and prevent the losses of lung function is crucial
(68).

2.9.5 Hyperpolarized Gas MRI for Lung Imaging

Hyperpolarisation is a process of drastically increasing the ratio of nuclear spins parallel to
the static magnetic field high above the thermal equilibrium ratio (69). The foundation for
hyperpolarization was introduced in the 1950s (70), with the extension to MRI/NMR occurring
in the early 1990s .

Hyperpolarization of noble gases for MRI studies was introduced in 1994 (71), and first
demonstrated for use in humans soon after (72). For Xenon, there are three stages in the method
of hyperpolarization by spin exchange optical pumping (SEOP) using alkali-metal atoms
(specifically Rubidium). Rubidium gas is vaporized in the polarisation glass chamber due to
the vapour pressure of a small heated sample.

i.  Inthe first stage the electron orbital spin of the Rubidium gas is excited into the +1/2
spin state of the 794.7 nm D1 transition (S;,, — Py /) using optical pumping with a
circularly polarized laser (73).

ii.  In the second stage a van der Waals molecules is formed between a Rubidium
molecule, Xenon and typically Nitrogen. The nuclear spin lost by the rubidium atom
in this molecule is transferred to the nuclear spin of Xenon and the rotational motion
of the molecule.

iii.  Inthe last stage the molecule is broken up by collision with another particle (74). At
high pressures binary collisions becomes the dominant source of spin transfer rather
than the complicated van der Waals interactions (75, 76).

In addition to its function in the van der Waal molecule formation Nitrogen also acts as a
buffer to prevent the radiative emission of the excited Rubidium state photons (77), while the
use of helium in the mix broadens the D1 transition linewidth through collisional broadening
(78). The statistical physics relations of the polarization of rubidium and its dependence on a
multitude of factors is detailed further in (79). The relation of the nuclear polarization of xenon

by rubidium spin transfer is related to these statistical factors, as well as on others relating to
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its gas density, surface effects and temperature as shown in (80). The different optimizations
for high density (80, 81) vs. low density (82) hyperpolarization have been detailed, with the
result that although higher polarization may be achieved with lower density it requires a higher
power and more expensive laser, while requiring a longer time, or larger glass cell, to collect
as a large a sample by cryogenic freeze-out of the 12°Xe.

3He hyperpolarization can be done using SEOP, or via metastable optical pumping (MEOP)
on the electron orbital spins of Helium itself. In this case the 23S—23P state is excited with
lasers of 1083 nm wavelength and the excitation of ground state *He atoms to the +1/2 nuclear
spin state then occurs by collision with the 23P excited Helium atoms (83). The use of enriched
®He and 2°Xe (natural abundance of 1.37x 10™*% and 26.4% respectively) for pulmonary
ventilation imaging is expensive. Xenon is cheaper than helium and it is also feasible to use
naturally abundant xenon (26% 12°Xe) as demonstrated in (84).

For the clinical diagnosis and monitoring of the diseases such as late stage cystic fibrosis,
wherein the morphological and physiological changes may be significant, current state-of-art
proton MR imaging of the lungs may be clinically useful. However, in disorders like early stage
cystic fibrosis or emphysema structural changes are less obvious and the low tissue density of
the lungs makes imaging a challenge (56). Hyperpolarized gas MRI allows the direct imaging
of the lung’s microstructure and ventilation with high signal-to-noise (71), which enable

detection of impaired function in diseased lungs as illustrated in Figure 2-15.

smoker

Asthma

Figure 2-15: Hyperpolarised *He MR human lung images for various lung diseases: smoker, Chronic
Thromboembolic Pulmonary Hypertension (CTEPH), Cystic Fibrosis (CF), Chronic Obstructive Pulmonary
Disease (COPD) and Asthma. © University of Sheffield.
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The measurement of diffusion (85, 86), ventilation (87, 88) and the estimation of perfusion
by imaging dissolved phase 2°Xe (62, 89, 90) has been demonstrated and validated with HP
gases. In addition, longitudinal studies have been performed showing the validity and use of
important biomarkers only measureable by HP gas imaging. For example, the signal from red
blood cells diminishes relative to the tissue/plasma signal as idiopathic pulmonary fibrosis
progresses (91), %VV and ventilation heterogeneity correlates with spirometry measures of
lung function in cystic fibrosis (92), measurement of collateral ventilation can reveal regions
where normal paths for air flow are obstructed (93) and treatment response mapping in imaging
subjects with asthma before and after use of a bronchodilation agent correlates with lung
function. However, there are complicating factors in the assessment of the sensitivity of HP
gas imaging. For example, it is known that lung volume has an effect on the quantitative
measures of lung ventilation (%VV and ventilation heterogeneity shown in reference (94)),
with differences in diffusion demonstrated previously as well (95). However, HP gas imaging

has still proven to be a sensitive technique for evaluating and studying lung physiology.

2.9.6 Fluorinated Gas Imaging

%F is a naturally 100% abundant isotope, has a higher Larmor frequency than 2°Xe and 3He,
and is available in gaseous compounds with higher spin density for a standard pressure than
129%e or 3He due to the presence of multiple nuclei per each molecule, thus they need not be
hyperpolarized. The outline of *°F imaging by Holland et al. (96) noted some of the potential
benefits of °F MRI: there are no background endogenous biological signals when a '°F tracer
is introduced, the Larmor frequency is close to proton so the same RF equipment may be used
and many fluorocarbons compounds are biologically inert. Most importantly, the longitudinal
relaxation time T is small (=20 ms for CsFg alone (97), and =12 ms when in the lungs and
mixed with 20% oxygen (98)), meaning that many averages can be performed in a short time
in order to compensate for the low density of gases (2.37x10%° atoms /cm3(99)).

The chemical structure and molecular weight of a number of fluorinated gases used in
previous MRI studies (100) are shown in Table 2-2. Of the chemical species used CF4
(tetrafluoromethane) has four chemically equivalent °F atoms within a molecule, while C2Fg
(perfluoroethane), SFs (sulfurhaxafluoride) and CsFg (perfluoropropane) all have six and CaFg
(cyclo-octafluorobutane) has eight. CsFs has two additional '°F atoms with a 48ppm chemical
shift in Larmor frequency. CsFs has been shown to cause convulsions, while SFs has a low level

of anaesthetic potency. On the other hand, CF4, C2Fe and CsFsare insoluble in blood and non-
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toxic. Of the three only CsFs has been commonly used because of its established precedent
shown for safe inhalation in human subjects. Therefore, CaFs is generally considered the most

relevant in-vivo fluorinated gas imaging agent.

Table 2-2: Chemical structures and molecular weights of perfluorinated gases used in MRI.

Molecule Molecular Chemical Structure
Weight
(g/mol)
CF4 88.01 F
o
F
CoFs 138.02 CF;—=CF;
Cyclo-Cq4Fs 200.04 CF; CF,
CF; CF,
SFe 146.06 Fo F
F-S-F
F/ OF
CsFs 188.02 CFs CF, CF,

The concept of lung imaging with *°F fluorocarbons was first introduced, by liquid breathing
of oxygenated fluorocarbon liquids, which was realized later (101, 102). However, the first in-
vivo imaging of a fluorinated gas compound were performed using CF4 (103). For a relatively
long period after 1°F imaging was primarily focussed on the use of chemical tracers (as an
approximation a concentration of 0.1 M was determined as the detection level at 0.15T (104)).
The use of fluorinated gas imaging was first found to be usable for the evaluation of solid
materials (ceramics) imbued with a fluorinated gas, in which it was noted that surface
adsorption and the small features cause changes in the spin density T1 and the diffusion (105).
Consequently, the change in diffusion and T: was hypothesized as a potential way to
characterize differences in the local surface-to-volume ratios, which would have future
implications for lung-imaging.

The first comprehensive studies with in-vivo fluorinated gas MRI (within a rat model (106))

used C2Fe mixed with oxygen. The choice of C2Fs has a number of advantages over CF4 and
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SFe, which have shorter T." (107). However, from 2000-2004 publications on *°F lung-imaging
(within porcine (88, 108) or rat models (109, 110)) were dominated with the use of SFe:
partially because it was approved for human use, and had been used for many years in the
multiple inert gas elimination technique. At this time, the concept of measuring the ventilation-
to-perfusion ratio with fluorinated gases by MRI imaging was introduced. In this method it is
expected that inert insoluble gases become concentrated where ventilation-to-perfusion ratio is
low (111), and in obstructed alveoli soluble gases comes to equilibrium with blood. Thus, the
difference in signal intensity when breathing a high vs. low O»-fluorinated gas concentration
is weighted by the ventilation-perfusion.

The measurement of fluorinated gas diffusion within the lungs was then developed with
methods that had similarly been employed in hyperpolarized gas imaging (39, 112, 113).
Diffusion imaging was performed in rat lungs (114), showing that diffusion was restricted
within airways and also has a measurable dependence on the pressure and composition of the
gas mixture (115). Imaging C2Fe (97) further expanded the theoretical basis for diffusion
imaging with fluorinated gases, showing that the diffusion was restricted by the lung
microstructure and was higher in emphysematous lungs. Correspondingly, the variation of Ty
with different properties, such as partial pressure, field strength and temperature, was
theoretically and experimentally described for a number for fluorinated gas compounds (116,
117). This would prove to allow for more accurate optimization of imaging parameters and the
mapping of T; to relate to physiological parameters such as the perfusion-ventilation ration,
rather than the previous signal based technique (60, 118).

All the F imaging performed up to this point required imaging times far above that of a
single breath-hold, which would have greatly restricted the clinical application of °F gas
imaging. Wolf et al. (119) demonstrated that imaging with longer than previously employed
TR, and the use of C2Fs gas instead of SFe, could allow rapid fluorinated gas image acquisition.
As such, with this advancement and appropriate regulatory hurdles overcome, the ability to
image human lungs for the first time was demonstrated with SFs by Wolf et al. (120). A modest
SNR of 9 for full lung projection human lung imaging was obtained. The main challenge to
achieving high SNR in **F imaging in humans is the short T," relaxation time (for SFs a T2" of
1.2ms in the lungs, and approximately equal T1 reported in (114)).

In subsequent developments for human in-vivo fluorinated gas imaging Perfluoropropane
(CsFg) was employed, which has largely proven to be a better imaging agent due to its even
longer T2" compared to C,Fs and SFs (98, 121). The use of ultra-short echo time (UTE)

sequences for imaging CsFs was investigated (98), but overall images obtained with this

38



method appeared more blurred than those obtained with conventional SPGR imaging methods
(121). Future measurements in rat lungs (with CsFs and SFg) produced higher-quality images
than use of UTE with an “X-centric” sequence (partial Fourier echo with measurement of
missing data with additional TR). With the culmination of previous improvements, 1°F imaging
was demonstrated to be applicable in mapping ventilation in healthy volunteers, with
comparable measured values of %VV and lung volumes as with HP 3He imaging (122).
Probably one of the main potential advantages of fluorinated gas imaging was demonstrated in
a rat model with SFe and x-centric imaging: the mapping of fractional ventilation (FV) during
washout (58). Fractional ventilation requires dynamic imaging over multiple breath holds and
provides functional information on gas trapping, which is not as easily performed with HP gas
imaging.

The state of *°F imaging has now advanced to the point that clinical research studies with
large cohorts of healthy volunteers and patients are being performed. Most recently, imaging
of CsFsg to evaluation ventilation and FV has been performed in a cohort of healthy volunteers
and those with COPD (123). Additionally, the use of 1°F washout imaging has been compared
with the use of Fourier decomposition MRI to evaluate FV in COPD patients, with significant
correlation indicating that a combination of *°F and *H imaging may be used concurrently for
functional lung imaging. For additional information, there are a number review articles that
further describe the past progress of fluorinated gas imaging (124-127), but the published
results are largely contained in what has been described thus far and the following results of
this thesis.
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Figure 2-16: a: UTE lung ventilation images mixture of 79% PFP and 21% O2 inhaled by a patient with
emphysema and b: the same ventilation images registered to *H anatomical images and overlaid in greyscale
(Reproduced with permission from (126))

2.10 Hyperpolarized vs. Fluorinated Gas Imaging

There is a fundamental SNR advantage to hyperpolarized gas imaging compared to
fluorinated gas imaging. In Figure 2-16 images taken with inhaled perfluorocarbon are shown
from Ref. (126). These images can be compared to those taken with hyperpolarized *He (red),
and 2°Xe in Figure 2-17. The images in Figure 2-17 are clearly less blurred with better
resolution then the images of Figure 2-16, but the localization of the gas in the lungs is still

clear and show the defects in ventilation with emphysema.
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Figure 2-17: Images taken of the lungs with *H (left), He (red), and *2°Xe (blue). Images for all three were taken
in the same breath-hold. (reproduced with permission from (128))

The relevant parameters for a number of common fluorinated compounds and the two most
important hyperpolarized gas imaging agents, 2°Xe and 3He, are shown in Table 2-3. As noted
earlier, of the potential fluorinated compounds CzFs is one of the most promising because of

its biological inertness, high number of nuclei per atom, potential for diffusion studies and cost.

Table 2-3: Summary of fluorinated compounds and hyperpolarized gas relaxation parameters and diffusion
coefficients

Gas | Ti(ms) T2 (ms) T2 (ms) D, ADC Density | Gyromagnetic
(cm?-s?) | (cm?-s1) | (mg/em?®) |ratio (MHz/T)
129%e 32000 20000 20 0.062 0.021 0.575 -11.77
(126) (113) (129) (39) (39) (125)
*He 20000 310 18.5 2.05 0.016 1.34 -32.434
(99) (112) (130) (39) (39) (125)
SFe 1.2 4.23 1 0.033 0.022 6.51 40.052
(126) (114) (131) (126) (114) (125)
CaFs 5.9 5.9 0.033 0.018 6.16 40.052
(106) [84] (97) (97) (125)
CsFs 12.4 18 2.2 0.028 0.022 40.052
(98) (117) (98) (117) (86)

2.10.1 SNR difference in HP gas and TP Fluorinated Gas MRI

The SNR that may be expected with TP fluorinated gas MRI when compared to the more
established experimental evidence base of HP gas imaging experiments is detailed here as a
theoretical starting point. The received signal is proportional to the transverse magnetization,
which is dependent on the imaging sequence parameters by some proportionality factor a,.,

as:

My, = @oxyMo (2-75)
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Here, the proportionality factor a,,, describes the relationship between the longitudinal
magnetization (this is taken as the magnetization at the beginning of imaging, to draw
equivalence between TP and HP imaging) and the steady state transverse magnetization (taken
as approximately the magnetization at the point of encoding the central line of k-space). The
factors affecting the proportionality factor are T1, T, and T relaxation, FA and sequence
parameters, which are detailed for TP SPGR imaging in section 2.8.2, for TP SSFP imaging in
section 2.8.3, and for HP SPGR and SSFP imaging in section 2.8.4. Specifically, for TP
imaging equation (2-51) details the relation for SPGR imaging, equation (2-59) details the
relation for SSFP imaging and for HP imaging equation (2-61) details the relation for SPGR
imaging. For HP SSFP imaging more detailed simulations are required, rather than closed form
expressions.

For an RF coil with loading that is body-dominated the EMF induced by the transverse
magnetization is proportional to (yB,)?, whilst the standard deviation of the thermally
generated Johnson noise voltage is proportional to (yB,) (9). Therefore, when comparing the
SNR in imaging different nuclei with different gyromagnetic ratios, assuming that the imaging

coils have equivalent geometries, we have:

SNR X yagyy M, (2-76)

Finally, assuming equal imaging resolutions, bandwidths and imaging time a comparison
between the SNR of TP and HP imaging can be drawn as follows. Using the expressions for
the longitudinal magnetization at the beginning of imaging, equation (2-10) for TP and
equation (2-60) for HP, the ratio of SNR (SNRy,y) in a ventilation image obtained via a TP
sample compared to a HP sample at the same By is given by:

PTNT anyT V_TZ" (2'77)
PyNy @oxyn )/I-%.

SNRT/H =

The subscripts T and H denote that the variable is associated with the TP or HP sample,
respectively. The polarization percent for the TP sample (PrNy) is isolated from equation
(2-10) as:

Bohyr (2-78)
PT = .
2k, T

As a demonstrative example relevant to the motivation and results of this thesis the relevant
parameters for equation (2-77) comparing the SNR of CsFs and ?*Xe MRI for ventilation

imaging are summarized in Table 2-4. The density of gas in the lungs is approximated by the
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ideal gas law, but there are additional approximations for the density of the two gases in the
lungs during imaging. For CsFs, there are 6 chemically equivalent *°F nuclei for each gas atom
and the lungs approximately reach full saturation of the gas, while mixed with 20% oxygen:
Ny = N(0.8 X 6). For isotopically enriched (86%) HP %Xe a typical inhalation dose is
500mL—1L, which is mixed within a lung volume of ~5L: N, = N(0.86 x (0.5L — 1L)/5L).

For the demonstrated case of optimizing 3D steady SSFP for HP 12°Xe imaging (35) a flip
angle of a,,,=10°and imaging bandwidth of +8 kHz coincides with a steady state longitudinal
magnetization at the centre of k-space (M,(N,/2)) that is approximately 50% the initial
longitudinal magnetization (M;). Likewise, the steady state transverse magnetization for
perfluoropropane will be ~50% the thermal equilibrium longitudinal magnetization using a

fully optimized SSFP sequence, considering that T1=T> (133).

Table 2-4: Summary of relevant properties of HP 1Xe and TP CsFs gases at 1.5T for comparison of expected
difference in relative SNR. The values shown are for a hypothetical imaging resolution of 4x4x10mm?®, matrix
size=100x82x24 (N, = 82 x 24), TR=5 ms and relaxation parameters matching those in Table 2-3.

Gas N* Y Xoxy Toxy P
(10%*/m?) | (100229 SPGR SSFP
S
29%e [2.11 — 421 -740 18 _(Np-1)TR - M52 i ()™ 0.1-0.4
e T2e 271 sin(a)cos(a) z -Eq. opt

(2-61)" 0.088-Ref. (35, 134)

0.017
i 2oL e kg, (2:51) e/ Eq. (259) |22 -Eq. (2-78)

e 14 0.43-Ref. (32)(135) 9.6x 10-6

*based on ideal gas law at 1 atm and 300K, N = 24.7 x 10%*/m3
**Qope = tan~' (1/,/N,/2 — 1)-Eq. (2-62)

***M,(N,/2) refers to the longitudinal magnetization at the central k-space encoding line, a,,, = 10° for Ww.s in Ref (35)
Therefore, using the parameters detailed in Table 2-4 in (2-77) under optimum conditions

for imaging both nuclei the SNR ratio for in-vivo SPGR imaging may be approximated as:

1 1 2-79

Likewise, for optimal SSFP imaging the SNR ratio can be approximated as,

1 1 (2-80)

In summary, if two equal resolution ventilation images are acquired within the same

acquisition time (for example, a single breath-hold), one with TP fluorinated gas (CsFs) and

one with HP 2°Xe gas, the SNR of the °F image can be expected to be smaller than the HP
129% e image by the appreciable range given in (2-80) for SSFP imaging.
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2.10.2 Apparent Diffusion Coefficient Measurement with Hyperpolarized and
Fluorinated Gas

In healthy lungs the ADC is largely homogeneous and in the peripheral sections of the lungs
diffusion is restricted and therefore lower compared to the larger airways (86). A simple model
for the diffusion of lung acinar airways is a cylinder covered with an alveolar sleeve (136).
Based on this model, the MRI signal from a voxel is given by:

1 (2-81)

Sp = SpePPr ( i q)[(b(DL - DT))l/Z]

;)
4b(D;, — D)
where @ (x) is the error function, D; is the diffusion coefficient in the longitudinal direction
and Dy is diffusion coefficient in the transverse direction (38). For an applied trapezoidal
bipolar gradient the b-value is obtained from (137):

0 7 8 -
b= 262[52<A—§>+T<62—2A5+AT——AT+15 >] (2-82)

where y is the gyromagnetic ratio, G is the gradient strength, & is the gradient duration, A is

the temporal separation between the leading edges of the diffusion-sensitizing gradient pulses
and t is the ramp up time. The variable t = A — g may be defined as the diffusion time, which

is related to the characteristic free-diffusion length (Lg;ff) by:

Lairs = (4Dot)/? (2-83)
where D, is the free diffusion coefficient. The free-diffusion length characterizes the mean
distance travelled by a gas atom for a given time when unrestricted. For the typical diffusion
times used in inert gas experiments (<10 ms), the mean free path of CsFg is approximately 0.35
mm, which is comparable with the ~0.2 mm diameter of the alveoli (136). Equations (2-82)-
(2-81) establish that the signal decay in diffusion imaging is highly dependent on the
geometrically dependent parameters of the lung airways. Thus, the use of imaging with
multiple interleaved b-values has been used to characterize the effective geometric parameters,
or diffusion length scales, of this and other models (such as the stretched exponential
model(138)) with *He (38, 85) and 1%Xe (139), demonstrating how lung morphometry is
altered with disease.

An alternate expression may be obtained analogous to diffusion in porous media, with (140):

ADC ( 2 )S (2-84)
Dy N1/ V Lairy

where S/V is the physiologically related surface-to-volume ratio, and (2-81) may be simplified

to:
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S, = Sye AP (2-85)
where ADC is the apparent diffusion coefficient. For S/V Lg;rr < 1 equation (2-85) is an
accurate approximation to equation (2-81), with D = ADC. This may be termed the linear
regime, or edge restricted, based on the expression in (2-84). In this case, the ability to probe
the lung microstructure with multiple b-value imaging is limited, but still allows the probing
of the S/V of the lung structure. Due to the low diffusivity of CsFs, as well as the low T, and
inherently low signal relative to HP gas imaging, it is not feasible to perform in-vivo diffusion
weighted imaging with b-values that would place the ADC outside the linear regime.

In diseased lungs fibrosis changes the dimensions of the alveolar sac resulting from alveolar
wall breakdown. Therefore, in patients with emphysema there is a substantial increase in ADC
levels compared to healthy volunteers as represented by the diagram in Figure 2-18. In addition,
the distribution of ADC and effective mean diffusion length scale (L,,) measured through
multiple b-value imaging have been shown to be heterogeneous in diseased lungs (141).

Through multiple studies it has been established that in progressive stages of emphysema
and COPD the measured ADC can increase by a factor of 2-4 compared to healthy lungs. To
determine differences in healthy lungs (S/V~ 250cm™1) and emphysematous lungs (S/V~
50cm™") Lg;sr should be chosen to result in a measurable change in equation (2-84). Studies
with both HP ®He and '2*Xe imaging have shown that comparable results are obtained through

diffusion imaging with both gases (142).

Healthy Lungs Emphysematous Lungs

Figure 2-18: Representative diagram of typical path of gas atoms in healthy or emphysematous lungs. In healthy
lungs atoms are more restricted leading to lower ADC, while in emphysema gas atoms are less restricted leading
to a larger mean free path and larger ADC.

Hyperpolarized *?°Xe and 3He have a more favourable ADC (39, 86, 99, 130) compared to
fluorinated compounds as shown in Table 2-3. The low diffusion constant of fluorinated gases
mean that only with high RF power and very fast gradients can useful information be obtained
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(115). However, because of the longer T> and T it has be shown that when imaging CzFs in
excised human lungs it is possible to measure the ADC and show a significant difference
between normal and emphysematous lungs using imaging sequences in a reasonable breath-
hold timescale (10s) (97). ADC maps taken using perfluoropropane is shown in Figure 2-19(b),
which accurately reveals increased ADC resulting from emphysema (86). However, the
maximum ADC is much reduced (only 0.022 cm?/s for CsFs (86)) compared to *He indicating
inferior potential sensitivity. This is particularly detrimental to evaluating the functioning of
structures such as alveoli and acinar airways. ADC maps with *He measured in healthy lungs
vs. lungs of patients with emphysema is shown in Figure 2-19(a), where a significant difference

in emphysematic lungs is apparent.
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Figure 2-19: *He ADC maps in a volunteer (left) and patients with emphysema, (two right). The maximum is the
free diffusivity without obstruction. The ADC is much higher in emphysematic lungs than in healthy lungs. *He
ADC maps can be compared to those using C3F8 gas, perfluoropropane, in (b). ADC from a lung of patient with
emphysema shown on right and from an excised normal lung on the right. (reproduced with permission from

(86)).

There are also changes in diffusion parameters that occur naturally due to affects such as
posture and the physiological makeup of healthy lungs. For example, in healthy volunteers a
22% decrease in the mean ADC with *2°Xe imaging was found moving from the anterior to

posterior of the lungs in healthy volunteers, which was not observed in volunteers with COPD
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(81). Furthermore, a decrease of 24% in the superior-inferior direction was also found, which
was potentially attributed to regional differences in ?®Xe concentration, since the partial
pressure of gases greatly affects the diffusivity, and in a single breath the inhaled 2°Xe gas
may not fully mix in the lungs. In previous works a similar gradient in ADC has been observed
in the anterior/posterior direction as well as the craniocaudal direction (although <15% in the
superior inferior direction) (143, 144), which changes depending on the posture during
imaging. Also, regions of the lung next to the heart experience compression (145), which result
in regional changes in ADC that can be observed in HP gas diffusion imaging. Furthermore,
lung inflation has a similar effect on mean ADC values, while at TLC the anterior-posterior
gradient is no longer observable (95). The changes in ADC observed with posture are smaller
than those observed with disease. Therefore, by replicating the results of previous studies
measuring the dependence of ADC on lung inflation and physiological distribution in healthy
volunteers with *°F CsFs imaging the feasibility of detecting changes in diseased lungs may be

extrapolated.

2.11 Theoretical Description of the Radio-Frequency System

The signal-to-noise-ratio (SNR) and spatial homogeneity of the MR image is highly
dependent on the RF coil design. Thus depending on the volume coverage and sensitivity, two
different classes of coils are typically used: transmit volume coils such as a birdcage which
produce a homogeneous magnetic field in the field-of-view (FOV) and the receive coil arrays,
which have higher sensitivity due to their close proximity to the ROLI. In theory the transmit
and receive networks are part of the same RF system as shown in Figure 2-20a, but in practice
they are usually detuned to a high degree from each other during the separate transmit and

receive phases of MRI and can be treated separately as decoupled receivers.

2.11.1 Transmit System Characterization
For the transmit system there are three relevant figures of merit. First, the mean transmit

efficiency (ur) given by:

1 BT 2-86
sy = Vf 14y (2-86)

vV Pin
where P;, is the input power and B7 is the perturbing RF magnetic field in equation (2-27)
that results in the tipping of the magnetization into the transverse plane. Second, the

homogeneity represented by the standard deviation of the transmit efficiency (a7) given by:

47



(2-87)

(A >2dV
or = —Hr
4 Pin

where the volume V encompasses the desired imaging FOV or ROI. Finally, there is the

specific absorption rate (SAR), typically averaged over 10g volumes for MRI (146):

o(r)E - E* (2-88)

1

4 flOg sampte  P(T)
where 7 is at the centre of the 10g volume, p(r) is the sample density, and the electric field E
is for a given input power. SAR is therefore given in units of W/kg, but the value must be
related to an associated input power or mean transmit efficiency. The level of SAR that can be
deposited into the human body is strictly regulated and often restricts the imaging parameters
that can be used in MRI imaging sequences (146, 147).

The fidelity of the transmit signal is another important criterion for performance, but the
passive portion of the RF transmit system (the coil and matching network) should not affect
this. The receive part of the network is arguably more complicated as described in the next

section.

2.11.2 Network Theory Description of Signal and Noise in Receive Arrays

The theory of the coil array for MRI was formalized by Roemer et al. (148), but many of the
theoretical concepts and design principles of coil arrays are shared by multiple input- multiple-
output (MIMO) antennas, which is a field that has been in development since the 1960s (149).
Early in the development of coil arrays there were attempts to develop a coherent and complete
network description of the receive system (26, 150-155), however it has only been relatively
recently all aspects have been able to be combined effectively.

From equations (2-43) and (2-45) the open circuit EMF induced on a network of receivers
(vs(1)) by the magnetization at position r, with small voxel volume AV, can be approximated
as:

B;(1,7) (2-89)
vs(r) =] AVw(r)M,y (1)
Bi(N,7)
In equation (2-89), By (n,r) is the receiver dependent component of the signal and is often
used interchangeably with the term “coil sensitivity”. The voltage is induced in series with the
windings of the receive coils and its propagation through the receive chain is determined by

the network that makes up the receive chain as diagrammed in Figure 2-20a.
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The analysis of preamplifier noise in multiport systems have been developed using S-
Parameters in the field of MIMO antennas (156-159), and also with a Z-Parameter
representation of the including matching networks (160), based the on noise theory of passive
networks and preamplifiers (161, 162).
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Figure 2-20: a: Diagram of the RF system network in MRI with receive coil -port network (Zzz/Sgr) connected
directly to the N-port matching network (Zz,, /Sgry) With N individual preamplifiers (Sgp) for each receiver. The
transmit coil network (Z;/S;) can be modelled as coupled to the receive coil network with its own individual
matching (Zyp/Stam) b: A general circuit schematic of simple multi-coil receive-array with individual LC t-
matching networks for each coil. Coupling between coils is described by mutual resistance (R,,,) and mutual
inductance (M,,,,,) between m and n elements.

Using network theory, the voltage covariance and the signal voltage (functionally equivalent
to the sensitivity matrix) at the output of the network is given by:
s = QGyvs (2-90)
¥ = Q(¥,)Q*
where W, is the voltage covariance at the preamplifier input terminals, G is transformation of
v, to the voltage at the preamplifier input, while Q relates the voltages at the preamplifier input

to output and they are given by:
_ -1 -
Q = Zo(I + T)[( = ToSa11)(Sazs ") — [Saz2) — ToSanaTi] (2-91)

Gy = 2—\/12—0321(1 — SprS11) 1 — Sgr)
Srr> Smn and S are the N-port scattering parameters of the array, matching network, and
preamplifier network as shown in Figure 2-20a and Figure 2-20b. The full scattering parameter
matrices for the preamplifiers and matching networks are related to S, and Samn bY the block

matrix description of:
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s —[Su S12] (2-92)
R 71821 Sa2

S = Sa11 SAIZ]
R Sa21  Sazz

The covariance matrix at the preamplifier input (¥,) is given by:
W, = BWk, (Tl + TgToTo™ — T,"Ty™ = T,Ty + I — ToI™) (2-93)
where BW is the bandwidth and T,, T and T, are the amplifier noise wave temperature

parameters (here assuming identical preamplifiers). Ty is the combined scattering matrix of the

matching and coil networks given by:

To = Sz2 + S21(I — SrrS11) "SrrS12 (2-94)
The noise figure for an individual preamplifier is often described by (163):
SNRip Ry (2-95)

2
Fpre :SNTW: Fonin +G_5|YS _Yopt|

where Ys is the source admittance presented to the amplifier, Yy, is the optimal source
admittance, Ry is the equivalent noise resistance of an amplifier, G is the real part of the source
admittance and Fy,;,, is the minimum noise figure of the transistor. Y,,,;, Ry F, are the oft-
quoted preamplifier noise parameters and are directly related to theamplifier noise wave
temperature parameters as detailed in reference (164). Thus the introduction of noise in
equation (2-93) can be seen to come from the noise from the amplifier and from the real part
of Iy, which is related to the resistive Johnson noise contributed by the coils and matching
networks.

The noise figure of a cascaded system is given by (163):

F,F—1 F,—1 -
=1 Fm1 (2-96)
Gy G1G,

where F, and G,, are the noise figure and gain of the n stages respectively. Consequently, after

Fogs = F1 +

the preamplifier stage the noise contribution from subsequent stages are minimized by the
ideally large gain of the preamplifier stage. Thus, excluding the minor effect of subsequent
stages equations (2-89)-(2-94) can accurately describe the signal and noise of the MR front-
end RF receive system, as well as any similar array of receivers. In addition, the description is
put in terms of measurable and/or simulatable parameters: S-parameters and noise parameters
of active devices.

In most cases, there are a number of simplifications that can be made to reduce the

complexity of analysing the system:
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e noise from the output side of preamplifiers is not coupled back into the system, so

Tg =0,T, = 0. This is typically valid for low frequencies where feedback by
parasitic capacitance is minimized.

e inequation (2-95) the noise figure of the preamplifiers is close to the minimum noise
figure (F,,,;»), which is equivalent to g_s » |Ys — Yopt|2.
N

¢ the matching networks have no loss associated with them

If the preamplifiers are assumed to add noise individually to each channel. based on the
individual noise figure of each amplifier, the final noise covariance at the preamplifier output
is then given by:

W= Q(q}p)Qﬂ + diag(Q(‘Pp)Q}[)(Fpre - I) (2-97)
where F,,.. is a diagonal matrix containing the noise factors of the preamplifiers.

The noise contribution to only individual channels proves to be good approximation under
certain conditions, since noise introduced by the FET of a preamplifier is largely from the
thermal generated channel noise on the output side of the preamplifier (164), that has marginal
coupling back to the input side of the preamplifier. Therefore, the approximation that the
preamplifier noise only affects the diagonal of the covariance matrix has been used in the past
(165). It has been shown previously that, excluding active devices, the optimally combined
signal from an array of receivers is identical with or without the removal of coupling (166). In
theory, the active impedance of a multiport array can be noise matched to the preamplifier
optimal input impedance as in a single receiver case, implying that there is no penalty to noise
figure from mutual coupling (157). Nonetheless, The matching of array antennas can often be
done in such way that coupling does not reduce the SNR (160).

A commonly employed method in the field MRI RF coil design the use of preamplifier
decoupling. The concept of preamplifier decoupling can be explored by looking at the input

impedance of a single receiver in Figure 2-20. If the value of the LC elements of the matching

networks are defined by w, = ;m the active input impedance at the coil input for receiver

VCr'Ly
one is given by:
(LT'wo)? (2-98)
Zin(1) = (Zpp + Zowt — Zout(lfl))_l 0

where Z,,, i the output impedance observed at the coil ports given as:
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(LM w,)? (2-99)
———— m=n
Zout(m: n) = Zpre
Oom+n

and Z,,. is a diagonal matrix containing the values of the preamplifier input impedances. In
the case that the preamplifier input impedances are very small (2-98) can be approximated as:
-1 (2-100)

N
Zlnznl
Zin(1) = (zm(l.l) ¥ ZZ Ty ) 00 Zore < Liwg
n=

Consequently, for Z,,,(n,n) » Z,,Z,, the active impedance is the same as the impedance
of the isolated coil (LT'wy)?/ (RS + LS + Cf), where R is the lumped coil resistance, LS is the
lumped coil inductance and Cf the lumped tuning capacitance shown in Figure 2-20b. Thus
preamplifier decoupling removes the additional complication of coupling between elements of
the receive array when matching and the associated coupling of noise and signal.

However, preamplifier decoupling places more constraints on preamplifier and matching
design, and the use of highly reflective preamplifiers lessens stability. Instability in the
preamplifier results in oscillations that may be many orders of magnitude higher than the MRI
signal, which will appears as noise and image artefacts. Therefore, there is the case to be made
that the MRI arrays can be built without preamp decoupling and achieve the same sensitivity
(167).

As a final note on the network theory treatment of arrays, the intrinsic signal and noise
covariance of the array can be stated for the case that the matching networks and preamplifiers
have unity available gain and add no noise, so that G, = I and Q = I, so:

s =7, (2-101)
Y = 4k, TR(Z)
where Z is the impedance matrix for the set of receivers. The use of equation (2-101) to evaluate
the sensitivity of a coil array provides the intrinsic SNR (iISNR) (168, 169).

In MRI at high frequencies, the resistance of coils/receivers is usually dominated by the loss
induced by the imaging sample due to random thermal motion and the resulting eddy currents,
the level of which is directly proportional to the electric fields produced by the receiver per-
unit-current. Therefore, in the case of body dominated noise there is a proportional increase in
noise with frequency for a coil of the same geometry (22, 154, 170), while if the loss is
dominated by loss in the windings the increase in resistance is instead related to the skin depth
effect (163). Based on this fact a naive approach to improving coil performance at low

frequencies might be to use higher conductivity materials for coil development, however ultra-
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pure copper has only a 5% higher conductivity than normal annealed copper (resulting in only
a 2.5% decrease in resistance due to skin effect), which is negligible for the exorbitant increase
in cost. A better strategy at low frequencies is therefore double winding the same coil, leading
to square increase in the body loaded loss compared to a proportional increase in coil loss. In
addition, for low frequencies where coil loss is dominant over loss from the body cooling coils
to the temperature of liquid nitrogen (77K) can result in a factor of 2.8 improvement in SNR

(171), however the coils must then be contained in airtight and insulated containers.

2.11.3 SNR Combination
The following formalism for pixelwise image reconstruction by multiple receivers follows
that presented in reference (172). The combined signal from a set of independent receivers is

given by:

p=w'd (2-102)
where p is the resulting signal (pixel value in image combination), w is a vector containing the
weighting coefficients and d is a vector of the signal from each independent receiver. The
resulting SNR is given by:

H
sNR =L (2-103)
wHPw

where W is the covariance matrix (153). For optimal combination (highest SNR) the weighting

coefficients are given by:

— -1
w=%¥"s (2-104)
where s is given by equation (2-90). Using equation (2-101) the intrinsic SNR (iSNR) for a

receive array can therefore be stated as:

iSNR < /s*R(Z)"1s (2-105)

2.11.4 Electromagnetic Simulation by the Finite Element Method

Analytical solutions for the fields produced and impedance parameters exist for specific and
simple coil and load geometries (173). However, for the multitude of different coil designs and
geometrically complex imaging regions numerical methods must be used to determine the
relevant coil related RF parameters (174, 175). Electromagnetic simulation methods fall into
two categories: time and frequency domain. In time domain methods the propagation and decay

of electromagnetic fields/waves from a source is found with increments in time that are small
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enough for a stable solution. In frequency domain methods, the steady-state solution is found
assuming a sinusoidally varying source at a specific frequency. The objective of
electromagnetic simulation is to determine the electric (E) and magnetic (H = B/u) fields
produced when the coil is excited by a source, where here p refers to the magnetic susceptibility
here, rather than a magnetic moment as earlier.

In this work the finite-element method (FEM) solver HFSS is used, so a brief overview of
the methods of FEM is provided as follows. The first step in this method is discretizing the
geometry into volume elements, by creating a mesh on the surface of the contained objects of
different electromagnetic properties and then extending the mesh inside the different objects
(178). The use of tetrahedronal elements is generally preferred due to their versatility (179) and
the simplicity of converting a surface into triangular elements (180). Finally, to limit the size
of the geometry terminating boundaries must be introduced, these can include perfectly
matched layers, perfectly radiating and perfectly reflecting (magnetic or conductive walls)
surrounding the solution volume (181). Due to the complexity and intricacies involved in
forming the FEM mesh, and accurately solving and applying the field equations in FEM space,
commercial software is typically used. This includes a number of different products:
COMSOL, ANSYS (HFSS), CST, SIMALIFE FEKO, etc. The main purpose in using
numerical methods for coil design is to obtain the variables By, B for a given input
voltage/power, and Z so the analysis presented in equations (2-86)-(2-105) can be performed.

Also, the simulated E-field is used to calculated SAR according to equation (2-88).

2.11.5 Ultimate SNR

From equation (2-103) it is not clear that if there is any limit on the SNR obtainable by
increasing the number of receivers, or by improvements in the receive design. However, it has
been shown that there are theoretical constraints on the maximum SNR based on
electromagnetic principles, termed the ultimate SNR (USNR). The calculation of the SNR
provides a basis for objectively comparing the performance of a receive array for imaging a
particular region of interest. Therefore, methods for calculating the uSNR have been developed
for simple geometries such as a cylinder or box (22, 182), a sphere (165, 183) and even in
realistic models of the human head (184).

The theory of the ultimate SNR can be understood by looking at the general integral
equations for the resistance, inductance and capacitance for an element in an array (163):
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1 -
L1 Jy

Lij = % w(r)H - H* dr
jJv

where I;; is the unit current for element i /j and the position dependent variables p and o refer
to the permeability and conductivity, while E and H are the electric and magnetic fields
produced per unit current. For MR frequencies and small coils the parallel/stray capacitance
can be excluded from analysis. Since the magnetic and electric fields are coupled, and in
general MRI involves imaging a lossy body (generally for imaging in the >10MHz range loss
is body dominated), it can be seen that there is a resistance associated with the RF magnetic
field produced by a coil, that by the principle of reciprocity results in Johnson noise being
picked up by a receiver element.

To calculate the uSNR a set of infinite basis functions can be constructed that are solutions

to Maxwell’s equation for the particular imaging geometry:

> 2-107
E(r) = ) wiEi(r) o

H(r) = ) wiH(n)

where w is equivalent to the weights in equation (2-103), with optimal values obtained by
equation (2-104) with the covariance matrix found by determining the resistance matrix by
integrating the electrical field of each basis-field (E;) in equation (2-107) and applying equation
(2-105). For example, in the interior of a source free homogeneous medium an infinite linear
combination of plane waves may be used given by (22):

E(r) = Eyge/thimlesot (2-108)

Hl.(r) — Hioe_j[ki'r]ejwt

The set of equations to derive H;, and E;, are given by (22, 185):

(2-109)
H.. = % E.
10 jw,llo kl X 10
k- k; = —jopo[o + joe]
Ey-k;=0

ki = ki/—jwpo[o + jwe]
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where k; is a unit vector. For an elliptical cylinder there is an analytical solution for the mutual
and self-resistances of the plane waves given by:

2sin((kj, — ki, ))2 7
Rii = GEiO*Ejo* (S{ ]jk *l)z )E\/%rcjl(k’rc)'
jz iz

1/2
where k' = [cz(ij —kl-x*)2 + (kjy —kiy*)z] , J, is the first-order ordinary Bessel

(2-110)

function, r, = /’j—i + y2, 1 is half the cylinder length and x/y are the minor/major axis radii.

With these sets of equations the ultimate SNR at position r can be determined defining the
“sensitivity” of each plane wave at r as:
o H(r) — jH;, (1) (2-111)
By = o )
Therefore, given a sufficient number of the plane waves the uSNR can be calculated to a

sufficient degree of accuracy and compared to the intrinsic SNR of a receive array with

simulated values of the sensitivity for each element By and resistance matrix R(Z).

2.12 Practical Radio-Frequency Coil Design

With the electromagnetic and network theory description of RF in MRI provided thus-far the
practical design of RF coils are now provided.

2.12.1 Volume Coils

To produce a uniform magnetic field within a cylinder a current density that is sinusoidally
distributed about the cylinder’s surface is required; a birdcage coil is made of a set of
conducting legs spaced equally around a cylinder that approximates this current distribution
(186, 187). A diagram of the birdcage coil with discrete legs and rungs is shown in Figure
2-21(a) with the capacitors used to tune the birdcage coil visible. The optimum current
distribution for an elliptical surface has also been derived, which maximizes the usage of space
in the MRI bore (188). Asymmetrical designs also increases the flexibility of design, which is
useful for multi-nuclear MRI where the birdcage coil must fit in the available space in the bore
of the MRI scanner and be as large as possible for high performance and patient comfort (189,
190).
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Figure 2-21: The homogeneous resonator birdcage coil is shown in (a), while the TEM coil is shown in (b). ((a)
is reprinted permission from (191) and (b) is reprinted from (192))

Transverse electromagnetic (TEM) coils approximate the same sinusoidal distribution, but
individual elements, equivalent to the legs of the birdcage, are excited individually and the
return path of the current is provided by a surrounding ground plane vs. the end rings of the
birdcage coil (193). TEM coils are especially suited for higher frequency (>3T) MRI (194).
The phase and amplitude of excitation to the elements can be varied to optimize the
homogeneity of excitation (195). The elements may also be excited with fixed phase and
amplitude as shown in Figure 2-21(b), where although there are 16 elements only four are fed
and the remaining are excited through inductive coupling (192). At higher field strengths (7T)
the TEM coil has better homogeneity, SAR (196) and SNR compared to birdcage coils (197).
At ultra-high field arrays of elements placed around the ROI, with a geometry similar to TEM
coils, are often used with independently controlled phase and amplitude to optimize
homogeneity. Generally, for frequencies >64 MHz these transmit arrays may have better
performance, but at 64 MHz result in a significantly larger SAR (196).

2.12.2 Receive Arrays

Receiver coil arrays were introduced early in the history of MRI as a method of extending
the SNR benefits of small surface coils to larger fields of view (198, 199). Signal is received
from multiple coils and optimally combined as outlined by Roemer et al. (148). Additionally,
the localized sensitivity profiles of the coils can be employed to reduce the acquired k-space
data for accelerated imaging (42, 45). Three of the most common surface coil elements in arrays
are shown in Figure 2-22. The microstrip coil (geometry optimization presented in (168))
consisting of a long conductor and ground plane return path along with the loop coil
(optimization of size for region presented in (155)) is shown in in Figure 2-22(a). The loop coil
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is also shown Figure 2-22(b) combined with a butterfly (figure of 8) coil, whose geometry is

optimized for quadrature combination with a loop coil in (200).

Figure 2-22: Commonly used coil in quadrature combination with loop coils. In (a) a microstrip coil is shown
with a loop coil, in (b) a butterfly coil is shown with a loop coil and in (c) two loops coils are joined together.
(reproduced with permission from (200))

Examples of array geometries typically employed are shown in Figure 2-23. Arrays like those
in Figure 2-23(a) are useful for reducing the acquired k-space data in the direction of the coils
by parallel imaging as described earlier (42). The array in Figure 2-23(c) provides the same
advantage for a FOV with cylindrical geometry. Figure 2-23(b) and (e-1) are variations on these
designs, while (d) is a demonstration of using orthogonal coils that are naturally decoupled to
image over the same region. Generally, for best MRI imaging performance high-density coil

arrays are used for receive in combination with volume coils for transmit (190).
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Figure 2-23: Variations of coil array designs for high sensitivity and parallel imaging performance (reproduced
from permission from (201))

2.12.3 Coil Design for Multi-Nuclear Imaging

Many of the principles for multinuclear coil design are exemplified in reference (202); an
early study in the history of MRI that uses modern imaging methods. Firstly, the RF coils used
for different nuclei need to be isolated from each other. As shown in Figure 2-24 the coils for
!4 and %Na are naturally orthogonal due to their geometry. Common designs of
nested/overlaid coils separately used for imaging different nuclei are shown in (203), where
coils are either naturally orthogonal or isolated by the use of resonant “traps” on the coils.
Secondly, different amplifiers and hardware are switched between before transmission and
reception of each nuclei because of the different resonance frequencies (17 MHz for 2®Na and
64 MHz for *H at 1.5T). In this case, the different T1 values (=50 us in 2Na and ~1s (204) for

1H) are taken advantage of by performing interleaved imaging on the nuclei.
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Figure 2-24: Example of orthogonal coils used to image different nuclei (*H and 2Na) in the same FOV.
(reproduced with permission from (202))

Other methods can include the design of dual-resonant coils that operate at the resonance
frequencies of both nuclei. One specific design is a resonant ladder network (205) tuned to
both 3P and H using parallel inductor/capacitor components termed “traps” (206). To be used
in conjunction with transmit coils receive coils are decoupled through the use of diode
controlled high impedance “traps” (Figure 2-25a). Without these traps large currents would be
induced on the receive coils that would distort the transmit field; the required blocking
impedance provided by the traps to limit the distortion is a function of the receive coil area
(207).

For dual *°F and *H imaging a coil design employing a split resonance frequency from strong
mutual coupling was implemented in (208), allowing matching at both frequencies so that
simultaneous imaging could be performed on both nuclei with nearly identical coil sensitivity
(209). This design is especially suited to '°F (60.0 MHz) and H (63.8 MHz) imaging because
of their close resonance frequencies, but for 12°Xe and *H/®He dual tuned coils a common

method is use of “trap” circuits that allow a coil to be resonant at different frequencies (210).

2.12.4 Dual-Tuned Coils
Figure 2-25 shows two circuits used for the implementation of multi-tuned coils. The input

impedance (Z;,,) of the coil in Figure 2-25 is given as:

. 1
7 (Zp)(Rcoil +]choil +]'(1)_Ct + Zp)
in —

(2-112)

. 1
(Zp + Rcoil + ]choil +]'0)—Ct + Zp)
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where R,,;; is the series resistance of the coil and L.,;; is the coil inductance. For a multi-tuned
coil the reactive elements Z,, and Z, are designed so the matching condition Z;,, = Z, = 50 Q

is met at multiple frequencies.
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Figure 2-25: Various circuits used for multi-tuned coils: the coil with tuning/matching elements used to multi-
tune coils identified in red boxes (1) a generalized passive trap circuit (b) an actively switched capacitor-diode
circuit.

Figure 2-25(a) shows a generalized tank circuit (211), which typically only employs the Lia
and Coa elements (212-214). The equivalent series resistance (ESR) of a parallel LC circuit is
higher than the ESR of the inductor alone, while the ESR of the LCC network shown is lower
(215). The operation of passive tank circuits (used for example for 2Na, 3P, and H (216)), in
either matching or tuning circuitry (217), may result in coils which are comparable to single
tuned counterparts in terms of efficiency and homogeneity (218). For example, the efficiency
with trap circuits can be as high as 98% at the nuclei with lower frequency (219). In addition,
reference (218) reports an operating efficiency of 80-90% and 40-50% for the lower (>3Na) and
higher (*H) frequency nuclei compared to single tuned counterparts, respectively. This also
indicates the large impact loss in trap circuits can have on coil performance.

Another method employing this trap circuit topography, with C; , excluded, tunes the parallel
LC circuit L,, and C,, to the Larmor frequency of a nuclei. The large blocking impedance
greatly reduces induced current on the coil so separate coils tuned to different nuclei may be
used concurrently. The combination of many such trap circuits can theoretically be used for
many multiple resonance frequencies, but a significant increase in overall loss would occur as
described in reference (212) where a tank circuit used to block currents on a coil tuned to H
(63.8 MHZz) at the ®He frequency (48.7 MHz), which utilized a 30 pF capacitor (C,,) and 360

nH inductor (L,,). For a Q, of 150 and Q. of 1500 this would correspond to a series resistance
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of 2.3 Q at 63.8 MHz. Because of the increased resistance from trap circuits using either
method the configuration in Figure 2-25(b) may be preferred, despite the added complexity of
introducing DC biasing.

For the case of the diode switched capacitor shown, when forward biased the tuning
capacitors of the coil Ca, and Cyp combine in parallel, and when reverse biased only Cop is
functional. The ESR of a forward biased diode (0.2  in (214)) can be considerably less than
low quality factor inductors (eg. Q~120 at 128 MHz in (220)). Therefore, a diode switched
circuit such as that shown in (b) will result in lower loss when compared to tank circuits. Also,
the implementation of many diode switches in parallel can be used to create a wide range of
switchable frequencies of operation, without any additional loss when compared to a single
switch (221). However, in high power transmission the RF pulse may unintentionally reverse
bias the diodes and change the tuning with pulse transmission power. The next section
introduces the use of MEMS as an alternative to diodes in the network of Figure 2-15(b).

2.12.5 Application of Microelectromechanical Systems to Switching coils
Microelectromechanical systems (MEMs) are a fundamentally different technology from
solid-state devices because they involve moving (mechanical) parts. To be used in multi-tuned
coils MEMs replace the use of diodes in circuit topologies employing the strategy presented in
Figure 2-25(b). The basic element of a common MEMSs switch is shown in Figure 2-26, where
the beam that makes up the working element of the switch is activated by an applied voltage
potential with the gate. To introduce/implement MEMSs in MRI RF coil circuitry they must first
be evaluated against the current state-of-the art solid-state devices such as PIN diodes and
FETSs. The figures of merit that can be used to compare typical solid state devices (diodes, FET
switches) include isolation, insertion loss, switching speed, reliability, power handling, signal
distortion, power loss, cost and implementation complexities necessitate MR system hardware
changes. These quantities are highly dependent on the frequency of operation and at high
frequencies MEMS have proven to be better than solid state devices (222), hence their use in

many high frequency satellite and phone antenna applications.
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Figure 2-26: (a) Side-view of MEMs switch. An array of these switches reduces the effective resistance. When
actuated (gate voltage high) the contacts connect and when open (gate voltage low) a high isolation is present
(reproduced with permission from (224) © 2012 IEEE)

There is little room for improvement at low frequencies for the listed figures of merit of solid
state devices (222). MEMs still provide some benefits, such as very low power consumption
and high isolation, but their power handling, reliability and insertion loss is typically worse at
low frequencies. Recent improvements in the technology involving the use of a large array of
MEMs, improved driver circuitry allowing improved switching speed and reduced arcing has
effectively eliminated these downsides (224). MEMs switches typically require higher DC
voltages (= 30V) than PIN diodes. Also, MEMs are particularly susceptible to failure due to
electrostatic discharge, which can fuse the moving parts in place, and to stiction, or cracking
from mechanical impact (225). Typically, solid-state devices are more mechanically and
electrically stable and therefore more reliable (226). However, MEMS have the benefit that
they cannot be reverse biased with high transmission power and have a similar ESR to high-
performance PIN diodes.
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2.13 Summary and Conclusion

In this chapter, the essential basics of MRI and state-of-the art in the fields of inert gas lung
MRI and multi-nuclear RF coil design was established. The background provided should allow
the reader to understand the motivation and results of the research presented in the following

chapters of original research in this thesis.
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Chapter 3: Comparison of MEMS switches and PIN diodes for switched dual
tuned RF coils?

3.1 Overview

Purpose: To evaluate the performance of micro-electromechanical systems (MEMS) switches against
PIN diodes for switching a dual-tuned radio-frequency (RF) coil between *°F and *H resonant frequencies

for multi-nuclear lung imaging at 1.5 T.

Methods: A four-element fixed-phase and amplitude transmit-receive RF coil was constructed to provide
homogeneous excitation across the lungs, and to serve as a test system for various switching methods. The
MR imaging and RF performance of the coil when switched between the '°F (60.0 MHz) and H (63.8
MHz) frequencies using MEMS switches, PIN diodes and hardwired configurations were compared.

Results: The performance of the coil with MEMS switching was comparable to the coils performance
with PIN diode switching in terms of RF measurements, transmit efficiency and image SNR on both *°F
and *H nuclei. When the coil was not switched to the resonance frequency of the respective nucleus being
imaged, reductions in the transmit efficiency were observed of 32% at the '°F frequency and 12% at the
'H frequency. The coil provides transmit field homogeneity of +12.9 % at the *H frequency and +14.4 %
at the °F frequency in phantoms representing the thorax with the air space of the lungs filled with

perfluoropropane gas.

Conclusion: MEMS and PIN diode were found to provide comparable performance in on-state
configuration, while MEMS were demonstrated to be more suitable in off-state high-powered operation
(>1 kW) with higher isolation and necessitating a lower DC switching voltage than reverse biasing of PIN
diode. Additionally, the benefits of switching the lung T-R coil between the '°F and H resonances was

demonstrated, despite the proximity of their respective Larmor frequencies.

! The work presented in the chapter has been published in the journal Magnetic Resonance in Medicine: A. Maunder, M.
Rao, F. Robb, and J. M. Wild, "Comparison of MEMS switches and PIN diodes for switched dual tuned RF coils," Magn Reson
Med, 2018;80(4):1746-53. Experiments, simulations and analysis on data were carried and described in the written manuscript
by AMM. Manuscript revisions performed with MR, IMW, FR
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3.2 Introduction

In non-proton MRI applications, it is desirable to be able to acquire *H structural imaging that is co-
registered to the complementary functional imaging provided by the other nucleus, as demonstrated
previously with hyperpolarized gas lung MRI (128). The motivation for this work was development of
switched dual-tuned radio-frequency (RF) coil designs to allow detection of inhaled CsFs gas and 'H
signals from the lungs at 1.5T in the same scan session.

In previous human lung imaging studies with perfluorinated °F gases, the *H body coil has typically
been used with an actively decoupled °F vest coil (131). The use of a coil for both *H and °F nuclei
without dual-tuning has been implemented previously (227), but the detection sensitivity and homogeneity
was only optimized at the '°F frequency. Trap circuits are commonly employed to tune the coil resonance
to multiple frequencies (210) using inductive and capacitive elements in parallel. However, for *°F (60.06
MHz at 1.5 T) and *H (63.8 MHz at 1.5 T) the bandwidth of passive traps with the typical Q-factors of
commercially available components is comparable to the frequency separation, limiting their use, as
discussed previously (212). Another approach is to actively switch-in capacitors parallel to the existing
tuning capacitors using PIN diodes, and more recently the use of field effect transistors (228) and micro-
electromechanical systems (MEMS) (223, 229, 230) have also been reported. The equivalent series
resistance (ESR) of these three devices are reported to be insignificant when compared to the quality factor
(Q) of trap circuit inductors (eg. Q~120 at 128 MHz in (220)), which results in negligible additional loss.
For example, when comparing a dual-tuned coil design to single tuned counterparts, SNR losses of 25%
and 50% were reported for *°F and 'H, respectively (231), while the switching employed in (232) resulted
in more equivalent performance for imaging both *°F and *H when compared to respective single tuned
coils. Therefore, due to the close frequencies of 1°F and 'H at 1.5T the use of switching is favoured.

Recent improvements in the technology for MEMS switches and associated driver circuitry has allowed
increased switching speed, better power handling and reduced insertion loss (224), so that MEMS switches
have been successfully demonstrated for coil decoupling (233) and reconfigurable RF coils (226) in MRI.
A summary of typical performance parameters for FETs, MEMS or PIN diodes is presented in Table 3-1,
with the specific values for the PIN diodes and MEMS components used in this study. Notably, the
switching speed has been found to be limited by the driver circuitry rather than the devices themselves
(228). 1t would therefore be beneficial to use low DC power MEMS or FETSs for switching, but for FETs
the breakdown voltage is lower than often present for high power transmission pulses, which restricts their
use.

In this Chapter two methods for switching the matching network tuning are compared: MEMS and PIN

diodes, and these are compared to a hard-wired configuration. The switching comparison is exemplified
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using a four element fixed phase/amplitude transmit-receive RF coil designed for lung imaging of *H and

¥F perfluorinated gases at 1.5 T.

Table 3-1: Performance parameters of common switching devices: Pin diodes, MEMS and FETS.

Device Isolation Switching Speed Current Cost Size Control Peak Stand-off Ron

Impedance (us) (mA) Voltage Current Voltage Q
PIN Diode <3pF 0.35-35 (228, 234, > 100 low small ~5V 10A Peak Reverse <0.3
MA4P7435F-1091T 235) 1100V
GaAs FETs 3.1-7.1 pF Similar to diode <0.001 medium  medium ~5V 2-6.3A Vds breakdown 0.28-0.6
(228) (228) (228) ~100 V (228) (228)
MEMS <2pF ~4 <0.001 high large 82V 5A 500 V ~0.4
MM7100
3.3 Methods

3.3.1 Component evaluation - Power Handling of PIN Diode and MEMS

The mechanism of actuating MEMS switches is fundamentally different to that of PIN diodes. The
MEMS used here consist of an array of beam type structures that operate as relays actuated electrostatically
by a DC voltage applied between the beam and gate (233). A representative side view of the MEMS
structure is shown in Figure 3-1a displaying the method of operation, as the switch is actuated the beams
make contact with the central conductor providing a connection between RF. and RFy, in the circuit
schematic model. More details on the device structure are provided in reference (224). To compare the
large signal behaviour of both PIN diode and MEMS under the higher RF transmit power conditions
experienced in whole-body MRI, a bench-top test was set up. A pulse-modulated signal of 60 MHz with
pulse duration of 0.2 ms (duty cycle 0.02%) was generated by a WS8352-Taber waveform generator. A
335953-Picker linear pulse amplifier was used to generate peak output powers from 7.3 — 2380 W. The
output time-domain voltage waveform was measured on a high-speed oscilloscope (DSO 104A-Keysight)
after 30 dB attenuation. Transmission to the attenuator was through MEMS switch or PIN diode placed in
series, and DC bias isolated by choke inductors. The MEMS switch configuration was evaluated with the
switch in open or closed position, and the PIN diode configuration was evaluated with varying reverse

bias voltages and forward bias currents.
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Figure 3-1: a: Circuit schematic of MEMS switch used here and wafer level representative diagrams of the devices employed
b: A circuit schematic of the matching network design employing the various switching methods. c: The constructed matching
network on anterior coil. d: Schematic of transmit-receive coil for 19F and 1H imaging at 1.5T with dimensions labelled.
Included in the driving circuitry is a 90° hybrid, a pair of 180° splitters/combiners, and a T/R switch. e: The coil prototype with
cylindrical and bag phantom used to emulate body loading.

3.3.2 Coil Design for Switching Application

To test the switching performance, a four element fixed phased transmit-receive coil was designed for
dual tuned use for imaging *°F (60.06 MHz) and 'H (63.8 MHz) at 1.5T on a GE Signa HDx system
equipped with a 4kW broadband RF amplifier. A circularly polarized By excitation was achieved using a
combination of 90° and 180° hybrid circuits that were custom built for both the *H and °F frequencies.
The circuit schematic and constructed splitter for the 180° combiner is shown in Figure 2-5. The 90° hybrid

has a similar design layout, but modified for the different lumped impedance equivalent (163).
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Figure 3-2: a: Circuit schematic for lumped element rat-race (branch-line) 3 dB power splitter. Inductance is in nH and capacitor
values are in pF, b: the PCB outline and c: top and bottom views of the splitter, and placed inside the protective box.

In the matching network topography shown in Figure 3-1b, the capacitor Cs was switched-in to change
the matching tuning (resonance) of the coil from the Larmor frequency of H to °F by three possible
mechanisms:

(i) MEMS (MM7100, MenloMicro, Irvine, CA, USA) switched on by application of 82 VV DC,

(i) PIN diode (MA4P7435F-1091T, MACOM, MA, USA) forward biased with 100 mA DC current,

(i)  Hard-wired configuration for either nucleus.

The matching capacitance (10C package, Dali Capacitors, Dalian, China) and inductance values were;
C,, = 68 pF and L,,, = 92 nH for the left and right coils and C,,, =56 pF and L,,, =111 nH for the anterior
and posterior coils, as annotated in Figure 3-1c. The capacitor was Cs=75 pF for all four coil elements.
The manufactured matching networks are shown in Figure 3-1c. RF scattering parameters were measured
on the bench using an Agilent ES061A Network Analyzer (Keysights, Santa Clara, CA). To characterize
the loss of the matching networks, the scattering parameters of the matching network were measured
without the coil connected and the power loss ratio, P, g, was calculated (163).

Decoupling between adjacent coil elements was achieved using capacitive decoupling networks (236).
The axial cross section of the modelled RF coil follows the conformation of an ellipse and the topology
and dimensions of the coil (Figure 3-1d) were designed to provide a receive sensitivity and transmit field

profile that covered the lungs of a large adult male, with homogeneity within the region of interest
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comparable to a body coil. The widths were 25.5 cm for the anterior/posterior and 30 cm for the right/left
elements coils. The coils were constructed from 11 mm wide and 72 pum thick self-adhesive copper tape
mounted on a flexible Polytetrafluoroethylene substrate. There were five capacitor break-points in each
coil. For *H imaging and RF measurements a cylindrical phantom was used consisting of 3.6 g/L NaCl
and 1.96 g/L CuSQa4-5H,0 salt solution (237) to represent a human load. For °F imaging two glass
canisters (2 L volume) were filled with CsFg gas mixed with 21% O at 1.5 bar pressure, which emulates
the air-space in the human thorax. The glass phantoms were placed in a cylindrical shell and surrounded
with a 12L bag containing the saline solution and placed over another equal volume bag for suitable

loading. The phantoms and coil are shown in Figure 3-1e.

3.3.3 Simulation

The finite-element method solver software HFSS (ANSYS, Canonsburg, PA) was used for full-wave
electromagnetic simulation of the impedance parameters, right circularly polarized transmit field B, * and
the left circularly polarized field per-unit-current B; (using current sources in place of lumped ports) for
each receive element. Coils are tuned, decoupled and matched using EM simulation. The reported B;*

was normalized for a 1 kW RMS input power.

3.3.4 Imaging tests

Measurement of T1 of both *H and °F was performed in homogeneous phantoms by 2D spoiled gradient
echo (SPGR) imaging. First, the flip angle (FA) was fit against image intensity with varying input power
with TR >>T; (TR 600 ms for *H phantom experiments and TR 80 ms for 1°F in C3Fs/O, phantom). Next,
T1was fit against the image intensity with varying FA, according to equation (2-50), but with TR<T: (TR
8 ms for *H phantom experiments and TR 7.5 ms for °F in C3Fs/O2 phantom).

To normalize the data to SNR units the signal was first divided by the standard deviation of noise in
images was measured in a signal-free region of greater than 100 pixels as described in (239). To compare
the effect of the respective switched tuning methods on transmit efficiency, the FAs were measured for
'H and °F SPGR imaging by varying input power and fitting FA according to equation (2-50) with the
phantom measured T1’s for *H and °F (reported in results section) when the coil tuning was set to both
¢ and 'H respectively. The corresponding transmit efficiency with known input power and pulse width

was subsequently calculated.

3.3.5 In-vivo imaging
In vivo lung imaging evaluation was performed with inhaled CsFs mixed with 21% O, with a healthy

adult male volunteer (28 y) following informed consent and a protocol approved by UK National research
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ethics committee. Three-breaths of the gas were inhaled and then 3D °F SPGR imaging was performed
within a single breath-hold (37 s scan time). In addition, *H 3D SPGR anatomical imaging was performed
during a separate breath-hold (13 s) of air with the lungs at the same inflation level. Both images were
localized to cover the same geometry. MEMS were used to switch between the two tuning states during
in-vivo imaging. A summary of all sequence and acquisition parameters used for the imaging experiments

are provided in Table 3-2.

Table 3-2: Imaging parameters for coil performance evaluation

Measurement Sequence TE TR BW Matrix size Fov Mean Avg.
(ms) (ms) (£ kHz) (cmd) FA
©)
H-T1 2D Axial 4.6 FA fit - 600 14.76 128x 128 x 1 40x 40 x 1 varied 1
SPGR Tifit-8
PBFE-Ty 2D Axial 34 FA fit - 80 8.06 30x 25 x 1 30% 24 x 10 - 20
SPGR Tifit- 7.5
IH-Tx 3D Coronal 3.1 8 ms 31.25 128x 96 x 30 44 x33 x 30 - 1
efficiency SPGR
BF - Tx 3D Coronal 21 51 6.94 50x42x10 30x 24 x 20 - 10
efficiency SPGR
H - In-Vivo 3D Coronal 3.7 9.1 8.06 100x 100 x 28  42x 42 x 28 35 1
SPGR
®F_—In-Vivo 3D Coronal 0.9 4.3 10 50X 42X 14  42x 34 x 28 27 15
SPGR (75% kx)
3.4 Results

3.4.1 Coil Bench Testing

Both the MEMS when switched closed, and PIN diode when forward biased, remained operational up
to the maximum powers tested (2380 W, or approximately 6.9 A peak current), in accordance with the
maximum values specified in Table 3-1. However, as demonstrated in Figure 3-4b the reverse biased PIN
diode began to conduct RF power when the reverse bias DC voltage was lower than the peak RF voltage,
which was not the case with the MEMS switch in the open position. However, at the maximum power
(equivalent to a peak voltage of 690 Vpp as delivered to 50 Q load), the MEMS switch in the open position
suffered critical failure. Figure 3-4d displays measured pulse waveforms with increasing RF power and
reverse bias of PIN diode demonstrating conduction was primarily coming from undesired injection of
carriers in the intrinsic region on the negative voltage swing. Additionally, with high power there was an
observed droop in the voltage over the pulse length when the diode was insufficiently reverse biased. This
was related to rapid heating of the PIN diode during the RF pulse resulting in increased impedance. The

waveform observed when the pulse length and power was increased (Vpp = 648V) shows the effect
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became more pronounced and also led to device destruction. The same droop was not observed in any
configuration other than with PIN diode insufficiently reverse biased, as the waveform obtained using the
same power and 3 pF capacitor in place of the PIN diode corroborates. The MEMS switch used here was
found to have a marginally higher isolation (19.4 dB) when compared to the diode (18 dB) when a
sufficiently high reverse bias voltage was applied. The power levels tested on the bench were higher than
those expected in the scanner and with the maximum 2kW RMS input pulse there was no observed

unintentional reverse biasing of the forward-biased PIN diode or failure of the MEMS switch.
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Figure 3-3: a: Measured reflection coefficients for three ports of 180° hybrid combiner and b: transmission from input port
(port 1) and output ports (port 2 and port 3) with relative phase.

The measured unloaded and loaded quality factors of coils were 165 and 14.4 for anterior/posterior coils
and 195 and 14.3 for right/left coils, respectively. The measured coil resistance when loaded with a
cylindrical phantom was ~24 Q) for the anterior/posterior coils and ~26 ( for left/right coils (Figure 3-1e).
The reflection coefficient of one of the coil elements (right) when switched between the **F and 'H
frequencies via each of the three methods is shown in Figure 3-4a. The reflection coefficients of all of the
elements were found to be less than -20 dB at the frequencies of interest (60.06 MHz for '°F and 63.8

MHz for H). The 90° hybrid and 180° power dividers used had a reflection coefficient less than -15 dB
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for both frequencies with insertion loss of <0.5 dB as shown in Figure 2-10 for the 180° combiner. The
decoupling between nearest neighbour coils (e.g. anterior and right) was optimized for the *°F frequency,
where isolation was greater than 15 dB for quadrature channels. P,z was 12 + 2 % for the matching
network for MEMS, PIN diode and hard-wired configurations of the coil, which was verified with three

repeated measurements.
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Figure 3-4: a: Measured right coil reflection coefficient when coils are tuned to *H or switched to *°F tuning by the three
methods: Diodes, MEMS and hard-wired. b: Transmission relative to operation in the conducting state for MEMS and PIN
diode with different reverse bias voltages c: Measurement waveforms with increasing RF power when PIN diode is reverse
biased by 15V and with MEMS in open-state. The waveform during an extended high-power pulse with PIN diode leading to
device destruction, as well as transmission with a series 3 pF capacitor replacing switches are also displayed. The Vpp labelled
next to waveforms is the voltage measured in the forward conducting state with 100 mA bias current.

3.4.2  Transmit Uniformity and Efficiency with Switching
The measured T1 of H in the salt solution phantom was 39.5 ms, while the T1 of 1°F in the C3Fs/O2

mixture was 16.6 ms. Using the flip angle mapping method described, the measured transmit efficiency
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within a cylindrical phantom at 63.8 MHz is shown in Figure 3-5a and Figure 3-5b, when the coil is hard-
wired tuned to *H and °F respectively. A measured reduction of ~12% in the mean transmit efficiency
and a ~21% increase in the B: inhomogeneity (standard deviation) was observed when the resonance of
coil was set to the °F frequency, whilst transmitting and receiving at the *H frequency. Similarly, for °F,
the mean transmit efficiency decreased by 32% and the B1 inhomogeneity (standard deviation) increased

by 67% when the resonance of coil was set to 1H.

Transmit Efficiency Maps (B;//A/kW)
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Figure 3-5: Measured transmit efficiency at 63.8 MHz within a cylindrical phantom in central axial and coronal slices. In
measurement the coil is either tuned to a: *H or b: *°F frequency. The mean transmit efficiency shown above axial slices is
calculated within the volume of the circled region. c: Measured transmit efficiency within multi-nuclear phantom tuned to *°F
frequency using the three methods: MEMS switch, PIN diode, hard-wired connection and additionally the coil tuned to *H
frequency. d: Coronal *°F ventilation images overlaid upon *H images from a healthy volunteer (male, 28 years old) utilizing
MEMS to switch the coil resonance.
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The measured transmit efficiency for the three switching methods are presented in Figure 3-5c. The
mean and standard deviation of the transmit efficiency calculated from the fitted FA from equation (2-50)
is displayed above the axial images. The SNR expected with fully recovered magnetization and 90°
excitation, fitted from equation (2-50), within the °F phantom was 43.6+17.8% with MEMS, 43.4+23.1%
with PIN diode, 48.7+28.1% with hard-wired *°F tuning and 44.6+28.6% with hard-wired H tuning. The
mean SNR changed marginally when tuning was switched from °F to *H, but the standard deviation
increases demonstrating a reduction in homogeneity of the transmit and receive sensitivity profiles.
Results of transmit efficiency and SAR simulation (146) for a cylindrical phantom and realistic human
body model with HFSS® (ANSY'S, Canonsburg, PA) and Sim4Life® (duke model (240)) (ZMT, Zurich
Switzerland) shown in Figure 3-6, which substantiate the measured results.
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Figure 3-6: a: Simulated transmit efficiency at 63.8 MHz within a cylindrical phantom in central axial and coronal slices.
Simulated transmit efficiency (UT/V/kW) with 1 kW RMS input power at 60 MHz using b: HFSS or ¢: SIM4LIFE using realistic
human body models. The mean transmit efficiency + standard deviation shown above axial slices is calculated within the
volume of the circled region with phantom and over the displayed region in human body models. Greater inhomogeneity is
observed in HFSS human model due to the larger size, thereby having regions much closer to conducing elements of coil.
However, Local 10g averaged SAR for the same input power calculated by HFSS or SIM4LIFE with the body models at 60MHz
were close at 121 W/kg and 125 W/kg, respectively.
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3.4.3 In-vivo imaging

Eight central slices of '°F in-vivo lung ventilation images overlaid on *H images are shown in Figure
3-5¢. The resulting inhaled °F CsFs lung ventilation MRI display similar SNR homogeneity to those
performed with the phantom. SNR was found to be high enough (~12) with the given imaging parameters
for single breath-hold lung ventilation images to be obtained and co-registered with proton structural

images.

3.5 Discussion

In this study there was no measurable difference in the power loss introduced by MEMS or PIN diode
switching (P.z) when compared to a hard-wired connection, as would be expected from their relatively
low nominal ESR (Table 3-1). The loss in the matching networks is less than the insertion loss incurred
across the power-dividers used to feed power to the coil elements (0.3-0.5 dB loss for each stage) and

primarily comes from the use of inductors, which have physically limited Q factors. There was only a 4.5

% difference (10.6-11.1 pT/vKW) in the mean transmit efficiency measured with the three switching
configurations, which is likely in part due to the variation in re-positioning the phantom. This is in
accordance with other studies, which showed similar imaging performance with switched dual-tuned coils
when compared to single-tuned counterparts (214, 232). Therefore, we believe the choice of switching
method is primarily one of practicality and we summarize below the salient considerations.

From a component perspective, MEMS typically have a higher cost and occupy a larger circuit footprint
than PIN diodes. PIN diodes require high DC power consumption and biasing requires multiple inductive
chokes to prevent RF currents induced on DC lines, rather than resistive networks. MEMS switches
typically require higher DC voltages, since their operation is based on electrostatic actuation, which would
require the scanner interface to be in accord with voltage directives for medical devices (241). However,
to prevent unintentional forward biasing of PIN diodes in their off-state requires higher reverse bias
voltage (235). Additionally, without sufficient reverse biasing the isolation the transmitted power is non-
linear (242) and unsafe for device operation as it can lead to device destruction (243), as demonstrated
here with high power pulse leading to diode burnout. The lower switching speed of MEMS switches when
compared to PIN diodes is mentioned in Table 3-1, but previous research has demonstrated MEMS
switches have adequate switching speed for most MR imaging methods (223, 244). The coil presented in
this work was body loaded with low Q factor (~14) and switching was only applied in the matching
network, so expected losses were minor with either method of switching.

In this study, matching the coil to the correct frequency reduced the reflection coefficient from ~-5 dB
to < -20 dB, which corresponds to an increased mean transmit efficiency and homogeneity at the °F and

'H frequency. Therefore, a clear advantage of the use of dual-tuning was identified, despite the relatively
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close frequencies. Nevertheless, in situations where the required scope of *H imaging is limited, e.g. for
initial localizer imaging or low-resolution structural lung imaging in the same-breath, a coil optimized for
9F frequency could be sufficient for *H imaging. The limitations of using the coil in this manner depends
on the loaded quality factor of the coil, which primarily depends on the physical dimension of individual
element/loop.

Although the primary theme of the work was the switching comparison, the '°F perfluoropropane lung
image quality obtained with the transceiver coil at 1.5T is encouraging, as 1.5T may have potential benefits
over 3T for this application in terms of reduced SAR and longer T," of the gases in vivo.

3.6 Conclusion

The losses introduced by switching a dual-tuned coil between °F and H with either MEMS or PIN
diode switches was found to be not measurably different to the losses experienced with hard-wired
connections. Moreover, the MEMS switch did not fail during high RF power pulsing. Therefore, we
believe MEMS switches are suitable for use in high power transmit coils and may be used in applications,
which currently employ PIN diodes or in T-R switch networks for dual tuned MRI coils.
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Chapter 4. An 8-element Tx/Rx Array Utilizing MEMS Detuning
Combined with 6 Rx Loops for **F and *H Lung Imaging at 1.5 T2

4.1 Overview

Purpose: To improve the attainable image signal-to-noise (SNR) of '°F and *H CsFs lung
imaging at 1.5T using an 8-element transmit/receive (Tx/RX) array with a 6-element receive-
only array.

Methods: An 8-channel TR RF coil array was designed utilizing MEMS switches for
broadband isolation of Tx/Rx circuitry for H and '°F imaging at 1.5T. An additional 6 receive-
only loops were added. Rx decoupling and switching performance was compared to the use of
LC traps with diodes and tested in the MR scanner system. In a phantom, measured SNR with
'H and °F imaging were compared with simulated receive sensitivity for: (i) the TR array
operating with fixed phase transmission/reception, (ii) with the optimally combined signal of
the TR array, and (iii) including the 6 receive-only loops. The transmit efficiency and
homogeneity was measured/simulated for *H imaging in a cylindrical phantom and in-vivo
F/IH imaging. Theoretical considerations of the SNR were investigated by comparison to the
ultimate SNR.

Results: A measured MEMS switching speed of 12 us and isolation between the 8 Rx on-coil
ports and 4 superior/inferior coil pair Tx ports lower than -30 dB was found to be sufficient for

Tx/Rx switching. For *H imaging the measured transmit efficiency/homogeneity (6.82uT/

VKW + 20%) was comparable to simulated (7.57uT /vVkW + 20%). The transmit field
variation was measured as 17.5% for '°F in-vivo lung imaging. The mean increase of the
simulated receive sensitivity within the volume of typical human lungs was 2.6x for the 8-
element array compared to operation as a single transceive element. The addition of 6 receive-
only loops led to a further increase of 1.39x in simulation and 1.36x in measurement.
Comparison of simulation and calculated ultimate SNR (USNR) showed that a further mean
increase of 6.57x throughout the lung region is theoretically possible with an increased number
of receive elements, but in regions central to the body the 14-element array achieves >=75%
of the uSNR.

Conclusion: The described coil array improved image resolution and/or SNR obtainable with

19F ventilation imaging to a level that approaches the theoretical limits in the centre of the body.

2The results of this chapter will be submitted to the journal Magnetic Resonance in Medicine. All experiments,
simulations and analysis on data were carried out by AMM. In-vivo. Imaging assisted by PH. Manuscript revisions
performed with MR, JIMW, FR.
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4.2 Introduction

MRI of inert fluorinated gases is a developing method for pulmonary ventilation imaging,
but image quality is constrained by low spin density (~2.37x10'° atoms/cm?® for gases (99) vs.
~6.62x10%2 atoms/cm?® for *H) and short T, (< 3 ms (126)). Therefore, in-vivo image resolution
attainable within a single breath-hold is limited.

Most commonly, **F lung imaging has been performed with the use of single-channel
transmit-receive (TR) coils (131, 245). Receive arrays provide improved SNR, while
maintaining a large field of view (FOV), by combining individually received signals from
multiple isolated smaller RF coils (148). Therefore, the use of a receive array for °F lung
imaging, as in reference (123), is critical to facilitating the acquisition of higher resolution
ventilation images. Additionally, an emerging method of investigating lung function relates
the change in *H signal with different inflation volumes (246), based on algorithmic analysis
and Fourier decomposition methods (247) with registered images (248). Therefore, the
improvement of *H imaging with the use of an array for both °F and *H nuclei would be
beneficial for the combined investigation of complementary methods of lung imaging.

However, the commonly used combination of a birdcage coil and receive array has two
potential disadvantages for the application of *°F lung imaging:

i.  The patients participating in ventilation imaging often have debilitating conditions,
such as COPD or Asthma, so patient comfort and minimizing time spent in the MRI
bore are high priorities. A body sized birdcage coil within the scanner bore is
cumbersome because it restricts patient movement in the bore, reduces available
space for a nested receive array and increases set-up/removal times.

ii. A large '°F birdcage coil will couple strongly to the integrated system H body coil
and any 'H/*°F receive arrays. The close proximity of the °F and *H resonance
frequencies also mean that isolating the different coils at both frequencies with
conventional strategies is challenging.(249)

For these reasons, in this work an 8-element array is designed as a TR array at 1.5 T;
combining the receiver (Rx) elements in transmission (Tx) with a distributed transmit-receive
switching network. Microelectromechanical systems (MEMS) have been proposed as a method
for decoupling coils with a number of advantages (e.g. broadband operation, low DC power,
fast switching (223, 226, 229)) over the strategy of utilizing tanks circuits enabled by pin diodes
(233). Therefore, to protect the receive chain from coupling to transmit power the MEMS
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switches were incorporated in the receive detuning network. The broadband nature of MEMS
means that the coil can also be used for *H imaging without any additional circuit. With this
method the issue of coupling between Tx and Rx coils for both frequencies of *°F and H is
mitigated. Therefore, the 8-element array is operational for combined °F and *H lung function
and structure examinations.

The proposed 8-element TR array is designed for reasonable transmit homogeneity, and thus
has limited sensitivity in receive to central portions of the lungs, bordering the heart. A targeted
receive-only array combined with a TR array has been shown to improve receive sensitivity,
without interfering with the transmit performance (250). Consequently, here a 6-element
receive-only array is added. Decoupling is provided by series active detuning using LC traps
and PIN-diode switching for both *H and *°F frequencies.

In addition to practical considerations, there are fundamental limits on the ultimate SNR
(USNR) obtainable through increasing the number of receive channels/coils (22, 182, 183). The
USNR at the center of an object is quickly approached by increasing the number of elements
on the surface (169), as found for objects that resemble the head (165) (a sphere), or torso (182)
(a cylinder). Therefore, the performance of the designed 14-element array was compared to
uSNR from simulation to assess the performance by an objective reference and explore the
potential for future improvement of *°F lung imaging by more complex receive coil array
design. Finally, 3D in-vivo fluorinated gas ventilation images and structural *H images were
obtained, demonstrating the achievable image quality with an optimized image sequence (251)

and the designed coil array.

4.3 Methods
4.3.1 Coil Array Design

The printed circuit board (PCB) design schematic for the flexible 8-element TR coil is
provided in Figure 4-1a, with the labelled dimensions selected to be suitable for the majority
of adult body sizes. Adjacent coils were decoupled by critical overlap, while capacitive
decoupling (236) was used to decouple superior-inferior pairs. Additional decoupling in
reception was provided by low input impedance preamplifiers (~1.5 Q for WanTCom WMM

series, with measured noise figure of ~1.5dB for both *H and '°F frequencies) (252).
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Figure 4-1: a: Layout schematic and dimensions of 8-element TR array with coils, 180° couplers and DC bias
lines labelled. b: A circuit schematic of the matching Tx power splitting and Tx-Rx decoupling circuitry used for
superior-inferior coil pairs. Two methods of Isolating Rx circuitry are compared: ¢: MEMS with switches open,
or with PIN diode forward biased producing a high impedance with the LC trap

The circuit diagram for matching and decoupling for superior-inferior pairs is provided in
Figure 4-1b. Matching for both Tx and Rx was performed with lumped networks made up of
the labelled C,,, and L,,, circuit components. Tx-Rx decoupling and transmit power division is
also provided for superior-inferior pairs in the same network. There are two potential
mechanisms that can be employed to provide detuning as shown in Figure 4-1c. For the Tx/Rx
detuning that employs MEMS the MEMS is switched open during transmission and the
intrinsic capacitance (~2 pF) provides a high blocking impedance. For the detuning method
employing PIN diodes the diode in Figure 4-1c is forward biased introducing the L,, inductor
into the circuit, which forms a high impedance with the capacitor C,,. In transmission the PIN
diodes present Figure 4-1b are forward biased to enable operation of transmit circuitry and
further protect the receive preamplifiers during Tx.

For the 8-element TR array the transmit power delivered to the four coil pairs was split
equally using lumped element hybrid couplers, providing the phase necessary for circular
polarization, as diagrammed on the HFSS simulation model for the combined 8-element TR
array and 6-element receive array in Figure 4-2a. The geometric model of the 6-element array
is shown in Figure 4-2b. The location of the lattice baluns used for matching and detuning LC

traps switched during transmit (two tuned to 64 MHz and two tuned to 60 MHz included for
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each coil) are labelled. The constructed 8-element TR array PCB is shown in Figure 4-2c while
unfolded with a torso shaped phantom placed on top. Coupling between receiver coil cables
and the coil itself during transmit is limited significantly by the cables running primarily along
an axis of symmetry along the middle. Interaction with volunteers and cables are avoided with

additional foam padding.
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308 cm 16.8 cm } " J “‘ \ LG Trap
I L
i& ‘ | | ‘. ‘

| I i | *¥*2/4

=® _ Flattice

& LS i =" Balun

Figure 4-2: a: The simulation model of both 8-element TR (orange) and 6-element receive-only (yellow) array is
displayed with locations of coil excitation labelled with power/phase division shown schematically. b: HFSS
simulation model of 6-element receive only array with dimensions labelled and location of LC traps for Tx-Rx
detuning and lattice balun for coil matching indicated. c: The constructed coil PCB is shown with a human torso
sized phantom positioned on the coil.

Measurement of coil Rx and Tx matching and coupling between coils is performed when the
coil is DC biased in the appropriate state with the preamplifier stage bypassed using an Agilent
E5061A Network Analyzer (Keysights, Santa Clara, CA). A home-built cylindrical phantom
(15.5 cm radius and 42 cm height) was used consisting of 3.6 g/L NaCl and 1.96 g/L

CuS04-5H-0 salt solution (18) to represent a human load.

4,32 MEMS Switching Voltage Up-conversion

The particular MEMS switch employed requires 82 V between the beam and gate to
transition between the “on” and “off” state. However, the GE HDx MRI scanner only provides
a +5 V DC bias voltage on the signal line of the receive channels to control transmit-receive
switching. To exploit the new MEMS paradigm of switching the MRI system electronics must
be modified and high voltage switching functionality must be added.
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The simplified circuit schematic shown in Figure 4-3 shows the PCB blueprint of the method
devised for control voltage up-conversion from 5V to 82 V. The constant 10 V source provided
by the system is up-converted to 82 V using a FAN7085 switching voltage regulator, which
constantly monitors the 82 V output voltage and switches a BSR92P BJT to regulate the

voltage.
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Figure 4-3: Simplified circuit schematic of voltage up conversion circuity to convert 5V control voltage to 82V.

433 MEMS Performance Testing

The operational consistency of MEMS switching was demonstrated using a test circuit
consisting of a bias signal emulating system default signals, the MEMS driver and a RF source.
The bias signal and RF source (2 MHz voltage signal delivered to the RF pins of MEMS) were
provided by a WS8352-Taber waveform generator, while a Keysight DSO 104a oscilloscope
was used to measure the output. Further, MEMS switching was also measured while scanning
(on the 1.5T GE HDx Signa system) to verify the switching operation. The transmission
between the Tx and the Rx port of a single coil was measured to determine the isolation
provided by the MEMS.

MEMS switching was also measured while scanning on the 1.5T GE HDx signa system to
verify the operation. Testing in the MR system consisted of using the Keysight DSO 104a
oscilloscope to measure the induced RF and DC voltages on the Rx input of a single coil, the
Tx input to the 8-element array and on the MEMS DC bias line at the point of connection on
the coil array.

This measurement was performed with the 50 Q oscilloscope directly connected to the Rx
port, so the expected voltage induced on the preamplifier ports is expected to be less with the
low-input impedance and additional PIN diode forward biased in Tx mode by an amount

approximately given by:
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_1 (4-1)
Zpre//RDon ZO + ijMEM

osc 7 1
0 Zpre//RDon + m

where Ry, is on the resistance of the forward biased pin diode included for safety (0.2 Q), Z,,, is the

input impedance of the preamplifier (1.5 Q), V. is the voltage measured with the oscilloscope, Cygum

is the capacitance of the MEMS when switched open (2 pF) and V,,,.. is the expected voltage across the

preamplifier input terminals. Equation (4-1) is valid as long as - L Zy.
JwCMEM

434 Simulation

Simulation is carried out for each element as described in section 3.3.3. Simulation of transmit
efficiency was performed with ideal power division/excitation matching that in Figure 4-1b.
Simulation of transmit efficiency is performed at 64 MHz and 60 MHz in a cylindrical phantom
with dimensions and dielectric properties (e, = 76 and o = 0.8S/m (54)) matching the
measurement phantom. The simulated B; was used to calculate the intrinsic SNR (iSNR) with
the coil either acting as a single TR coil or as receive array with the iSNR calculated
usingEquation (2-105). To emulate a single coil the fields were combined with a fixed phase
corresponding to the opposite circular polarization of that in transmission, while for a receive
array the weights for optimum combination used as described by equation (2-104). The
optimally combined iSNR of the array was compared to the ultimate SNR (USNR) as calculated
in section 2.11.5 within a phantom equal in size to that of the simulated cylindrical phantom.
The fields from a plane-wave basis set with the first 400 plane-wave field modes was used to
calculate the uSNR as detailed in Chapter 2 (22).

Noise introduced in the receive chain by lossy passive elements and the preamplifiers was
approximated as described by equation (2-97). To more accurately match realistic MRI
conditions a 1.5 dB noise figure was added to each individual channel in the array due to
preamplifiers, and 2.5 dB for the single TR element for an additional 0.5 dB noise figure from

each of the two additional stages of power dividing circuitry.

4.3.5 Phantom Imaging

Coil receive and transmit performance was evaluated with the designed coil operating as (i)
a 14-element array, (ii) 8-element TR array, or (iii) with the receive cables and preamplifiers
in Figure 4-1b removed so that the coil acted as a single TR element. For the purpose of this
study the receive sensitivity and transmit efficiency in the phantom were compared at the *H

frequency (64 MHz), which should be closely applicable at the ‘°F frequency (60 MHz) due to
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the relative proximity of the two Larmor frequencies. Mismatch at the H frequency was
expected to slightly reduce the transmit efficiency and homogeneity (255). However, for
receive sensitivity the potential difference in the preamplifier noise figure due to mismatch was
marginal (163). Flip angle (FA) maps from the cylindrical phantom were generated by imaging
using a 3D spoiled gradient echo sequence (SPGR) with previously measured T (39.5 ms),

varying input power and fitting to the SPGR signal equation:

p(1—e TR/Tysin FA (4-2)
Sspgr = TR
0(1 —e TicosFA)

where p is a proportionality factor that depends upon system hardware and the TE, which was
fixed (256, 257). The noise standard deviation, o, is included to scale the signal to SNR units.
The standard noise deviation of noise in images was measured in a signal-free region of greater
than 100 pixels as described in (20). The factor p/o represents the potential image SNR
allowing for fully recovered longitudinal magnetization prior to excitation, and is therefore
used to represent receive sensitivity.

The FA in the cylindrical phantom was related to the transmit efficiency by

FA <316.2V>_B1+ (4-3)
v [V®dt\ vkw ) VkW

where the voltage waveform V(t) input to the coil by the MR system was measured by
oscilloscope, while adjusting for cable loss and an additional 60 dB attenuation used in
measurement. Imaging sequence parameters for FA mapping and the later detailed imaging
experiments are detailed in Table 3-2.

Images from the array were optimally reconstructed according to the method described in
section 2.11.3.

4.3.6 In-Vivo Imaging

In vivo lung imaging with inhaled CsFg mixed with 21% O» was performed in a healthy adult
volunteer (29 years old) with the 8-element TR array combined with 6-element receive only
array following informed consent and a protocol approved by UK National research ethics
committee. Prior to breath-hold 4 deep inhalations were taken of the mixture to fully saturate
the lungs. At 1.5T optimized SSFP imaging of CsFg provides improved SNR over the
commonly used SPGR sequences by a mean factor of ~1.7 with in-vivo imaging (see Chapter
6) (251), and is therefore employed here. Additionally, for a more accurate comparison a
hamming filter was applied to k-space as in references (131, 258), so that SNR was higher and

could be accurately measured throughout the lungs region. FA mapping was performed in-vivo
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by acquiring three 3D SPGR sequences within the same breath-hold and nearly identical
imaging parameters, but with varying RF pulse amplitude. The actual FA was subsequently
calculated pixelwise according to equation (4-2) based on the different in image SNR obtained.
Finally, using the TR array co-localized 'H anatomical (15 second breath-hold) and °F

ventilation imaging (the average of two 16 second breath-holds) was achieved.

Table 4-1: Imaging parameters for phantom and in-vivo SSFP and SPGR performance verification with CsFs

Measurement  Sequence TE TR BW Matrix size FOV Prescribed  Avg. Tow
(ms) (ms) (* kHz) (pixels®) (cm®) FA (°) (us)

15T

Phantom Imaging

!H FA mapping 3D SPGR 45 10 3.97 64 X 52 X 36 48 x 38.4 X 36 5-42 2 872

phantom

In-Vivo Imaging

FA mapping 3D SPGR 2.2 30 3.01 32x24x10 40 x 32 x 30 26/52/77.4 2 832
'H anatomical 2D SPGR 1.8 130 42 100 x 100 x 24 40 x 40 x 28 30 1 800
¥F ventilation 3D SSFP 1.9 5 95 40 X 34 X 24 40 X 34 x 24 77.4 8 832

4.4 Results

For the matched and tuned 8-element array low reflection loss (S1:<-15 dB) and low coupling
(S21<-15 dB) between superior and inferior coils was measured, as shown in Figure 4-4a for a
single superior-inferior coil pair. Anterior, posterior, left and right coil pairs all performed
similarly. The reflection coefficient at the Tx port of the anterior coils is shown in in Figure
4-4b demonstrating very low reflection loss (<-25 dB). The isolation between preamplifier
inputs and the Tx input of superior-inferior coils provided by Tx/Rx detuning is shown in
Figure 4-4c. The baseline isolation is measured when the Tx diodes are forward biased, but no
Rx detuning is employed. The isolation provided when the two methods of detuning are
employed, MEMS or PIN diode, is compared. In Figure 4-4b an additional >20 dB isolation
between the Tx input and Rx ports of one of the coils in the 8-element TR array is added by
the MEMS to the inherent isolation of 12dB. It is observed that although MEMS provides more
broadband isolation, the isolation provided by PIN diode detuning is higher at the '°F Larmor
frequency. There is an additional 6 dB of isolation expected to be provided by the additional
two stages of power division. The impedance mismatch between the preamplifiers (1.5 Q) and
50 Q impedance of the vector network analyzer (VNA) further increases the isolation in
practice. Furthermore, additional detuning from the switching of PIN diodes at the preamplifier

input also protects preamplifiers. Therefore, the isolation provided by the MEMS detuning is
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sufficient and there is no significant difference to be found in the performance when detuning

is provided by MEMS or by PIN diode.
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Figure 4-4: a: Scattering parameters measured at the preamplifier input ports of the anterior superior and inferior
coils. Sg is the reflection coefficient for the superior coil, S is the reflection coefficient for the inferior coil and
Ss1 is the transmission coefficient for superior/inferior coils. b: Reflection coefficient at the anterior coils Tx port
when Rx circuitry is decoupled. c: Transmission between Rx port of superior anterior coil, with preamplifier
bypassed, and input of hybrid coupler feeding Tx ports of anterior coils with no detuning, or with detuning
provided by MEMS or PIN diode detuning methods. Further isolation is provided by the low input impedance of
the preamplifiers compared to the 50 Q port impedance of the VNA used in measurement.
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The performance of the MEMS driver and MEMS state switching is presented in Figure 4-5b.
The MEMS showed a ~15 ps delay when switching into receive (low impedance) state and
~12 us delay when switching to transmit (high impedance) state. In both cases approximately
4 us of this period is attributable to the MEMS switching itself and the remaining delay to the
driver circuitry.

During measurement of the MEMS biasing within the scanner (Figure 4-5c-e) it was
observed that the delay between Tx pulse and start of signal receive is significantly longer
(>50 us) than the MEMS driver switching delay. Furthermore, Figure 4-5b demonstrates the
voltage induced on the MEMS DC bias line by the high power Tx pulse is small compared to
the 82 V switching voltage. Also, the RF voltage induced on the Rx ports of the coils is low
enough (<5 Vpp) to avoid damage with a given approximately 2 kW peak power pulse (voltage
waveform shown in Figure 4-4e). This measurement was performed with the 50 Q oscilloscope
directly connected to the Rx port, so the actual expected voltage induced on the preamplifier

ports is expected to be <20mVpp according to equation (4-1).
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Figure 4-5: a: Driver circuitry used for converting coil Tx-Rx biasing voltage to regulate 82 V required for MEMS
switching. b: The switching performance test of MEMS devices and driver circuitry together demonstrated with
oscilloscope measurements of voltage waveforms across ports of MEMS. In-scanner measurement of MEMS bias
switching, receive coil preamplifier port isolation and transmit input.
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Figure 4-6: a: Simulated transmit homogeneity at the *H frequency in axial, coronal and sagittal slices within a
cylindrical phantom. The mean and standard deviation of transmit efficiency is displayed above the axial slices.
Also depicted is the measured transmit homogeneity in a cylindrical phantom for the coil acting as b: a single TR
element c: an 8-element TR array, or d: as the TR array with additional 6-element receive only array included
(total of 14-elements). Sagittal slices are taken through the center of each lung region that is outlined in transmit
homogeneity maps. Line art is the location of a typical lung.
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The simulated transmit homogeneity in central coronal, axial and sagittal slices are shown
for the cylindrical phantom (Figure 4-6a). Measurement results in the cylindrical phantom are
displayed: for case (i) when the coil is acting in single TR configuration (Figure 4-6b), for case
(if) with the 8-element TR array configuration (Figure 4-6¢) and for case (iii) with the 6-
element receive only array also included (14 elements in total) (Figure 4-6d). The simulated
field maps are normalized to the mean transmit efficiency, measured as B (UT), for a 1 kW
RMS input power, found within the exemplified lung volume. Losses in the power dividers of
~0.5 dB were measured for each of the three power divider stages, resulting in the lower
transmit efficiency in measurement for case (i), single TR configuration (6.82uT /VkW £20%),
when compared to simulation (7.45uT /\/kW+20%). The measured transmit efficiency was
lower and less homogeneous in case (ii), the 8-element TR array configuration
(6.28uT /N kW+25%), and also slightly changed in case (iii), when the 6-element array was
included (6.79uT /NkW £26%), which indicates minor coupling/loss with the receive circuitry
(cables, preamplifiers and MEMS detuning) and possible effects from changes in positioning
between imaging sessions.

Coil sensitivity maps are presented in Figure 4-7a for the 14-channels. No significant
coupling is evident between the coils as represented by the varied and largely non-overlapping
regions of sensitivity, which is further corroborated by the low noise correlations (Figure 4-7b)

(generally <0.25) between individual channels.
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Figure 4-7: a: Individual sensitivity maps for coils shown as axial slices through the center of each coil with a
cylindrical phantom and b: measured noise correlation matrix for the 14-element array
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The measured receive performance in a central axial and coronal slice of the cylindrical
phantom, (characterized by the p/o in equation (4-2)), are shown for the single TR element,
8-element TR array configuration and with the additional 6-element receive only array included
(14-receive elements) is shown in Figure 4-8a-c. Also, the simulated receive sensitivity,
characterized by equation (2-50)) for the single TR element, 8-element array and 14-element

array is presented in Figure 4-8d-f.

Measured Receive Sensitivity Simulated Receive Sensitivity Increase in Receive Sensitivity
Transceive (Fixed Phase) Transceive (Fixed Phase) g 8-element vs. fixed phase

4763+23%

14-element vs. 8-element array
0.318u7//m+30.8% N 1.392:0.48

8-element Transceive Array

9925e+40%

14-element Array )
i
0.414uT//a+36.9%

0 02040608 1 12141618 2 0 0.10203040506070808 1 1 15 2 25 3 35 4
SNR x10% Receive Sensitivity (u7//q) Ratio of Receive Sensitivities

Figure 4-8: The measured receive sensitivity for three different coil configurations in a cylindrical phantom for
axial and coronal slices are presented as follows: a: the coil operating as a single TR element, b: operating as an
8-element TR array, c: or with the 6 additional receive elements (total of 14 receive elements). The simulated
receive sensitivities in a cylindrical phantom are also presented for the same three configurations in (d-f). The
ratio of simulated increase in receive sensitivity is shown for g: the 8-element TR array compared to the TR array
acting as a single transceiver element and h: 8-element TR array with additional receive 6-elements compared to
the 8-element TR array alone. Additionally, i: the uSNR is compared to the combined 8-element TR array and 6
additional receive loops (total 14 receive elements). The mean and standard deviation of the presented maps,
within the outlined lung volumes, are labelled above the axial slices.

The measured mean increase in SNR using the 14-element array over the coil single TR
configuration within the outlined lung volume is significant (a factor of 2.8 increase); it was
slightly larger in simulation (a factor of 3.4 increase), which may be a product of slightly
different imaging conditions as the coil is changed between imaging sessions. Also, in
simulation the 14-element array results in a further 1.39 factor increase that closely matches

the measured increase of 1.36. A large increase is observed in the central area of the lungs
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(Figure 4-8h), where the 8-element array has low sensitivity. The comparison of the optimally
combined iISNR to uSNR in Figure 4-8i demonstrates that in central portions of the lung volume
~75% of the uSNR is achieved with the 14-element array. However, at the periphery
significant increases in SNR may still be achieved with increased receiver element count.

In Figure 4-9a a lower FA is observed in the inferior region of the torso, since the coil was
positioned more superior than in simulation with the volunteers arms raised above the head.
However, the observed in-vivo FA homogeneity is still 17.5%, which is better than the 20%
simulated within a cylindrical phantom (Figure 4-6a) due to the array conforming better to the
shape of a human torso than that of a cylinder. The ability to obtain co-registered H structural
and *°F ventilation images is demonstrated with the coronal ventilation slices in Figure 4-9b,

and coronal anatomical slices in Figure 4-9c.

4.5 Discussion

The use of MEMS in MRI RF coil design is a relatively new development (223), and has
required improvements over previous MEMS switches. Namely: higher stand-off voltage,
simultaneous high beam reliability with high conductance, and non-magnetic design (224,
233). In subsequent applications the MEMS device has been employed for detuning in receive
arrays (233), coil dual-tuning (257), reconfigurable coil arrays (229), wireless power transfer
in the MR system (259) and coils for Bo shimming (260). For the first time, this study
demonstrates the use of MEMS in the Tx/Rx detuning of a transceive array. The 4 us delay of
the MEMS switch used here is minimal, but the driver circuitry employed adds an additional
11 ps. This delay is small when compared to the 50 ps reported in earlier performance testing
of MEMS for MR applications (223), and is sufficiently short for the ultra-short TE (UTE) and
zero TE (ZTE) sequences expected to be employed for imaging °F (98, 258, 261) and *H (262,
263) in the lungs. Further improvements in driver circuitry are therefore probably not
necessary. Also, using individual transmit switching for each superior/inferior pair in the circuit
topology eased constraints on the isolation required for each channel. Consequently, the
method of using MEMS with the MR system established here introduces many new

opportunities for multi-tuned coil design.
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Figure 4-9: In-vivo ventilation and co-localized anatomical/structural data sets acquired in the same imaging
session with the coil operating as a 14-element array are displayed as follows: a: °F FA maps, b: SNR maps of
the °F CsFs ventilation imaging using a 3D SSFP sequence acquired in two separate breath-holds and c: *H
anatomical/structural images measured with a 2D SPGR sequence.

However, there are still a number of barriers to the routine use of MEMS in coil design. First,
the MEMS employed here are still rare and expensive when compared to PIN diodes (>£200
compared to <£10 for the devices used in this Chapter). Furthermore, the activation voltage is
still much larger than that easily provided by an MR system. We overcame this issue with a

driver circuit that operated as a step-up voltage transformer. The MEMS employed here also
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have higher ESR and slower switching speed than the PIN diodes, with a much larger board
footprint, requiring additional resistors and coupling capacitors. Most importantly, although
the MEMS employed functioned well during imaging and testing, a majority of them failed
when left alone for a period of time or would transition between functioning and not
functioning (>80%). From discussion with other groups researching the use of these MEMS
(260, 264) the failure rate issue was found to be common. The reliability of MEMS is well-
known issue, since there are many potential methods of failure, stiction, electrostatic discharge
related breaking and failure from “hot-switching” (225). Since the reliability of MRI coils for
clinical and research purposes is the often the most critical requirement the use of PIN diodes
may be preferred. For this reason, the same coil design employed PIN diodes for Tx/Rx
switching was employed in the subsequent imaging presented in the remainder of this thesis.

Previously, the use of a TR array with additional receive-only elements has been limited, and
predominantly done at ultra-high field strengths (=4.7 T), where TR arrays are commonly
employed (250, 265-267). It has been demonstrated that although TR arrays designed for
transmit homogeneity may not be optimal in receive configuration, the addition of receive only
elements targeting regions of low sensitivity may be an equally good alternative, with less
complexity, to designs with total separate transmit-only receive-only arrays. The geometry of
the 8-element TR array in this study allows an efficient layout of cables and circuitry for equal
power division to each element that doesn’t impede patient/volunteer access or comfort while
providing satisfactory transmit homogeneity. However, in the direct center of the imaging
region and between coils the receive sensitivity was poor due to the double-row design (see
Figure 4-8), motivating the addition of a receive-only array. The elements of the 6-element
array placed between the rows on the anterior and posterior coils of the 8-element array have
sensitivity profiles (Figure 4-7a) that are complementary and were found to greatly increase
the sensitivity in these regions, also improving the homogeneity of the signal reception profile
of the entire array. The receive sensitivity of the combined 14-elements array was therefore
significantly improved compared to the single element equivalent configuration of the 8-
element array (throughout the lungs a 2.8x increase in measurement and 3.4x increase in
simulation). Therefore, the combination of a TR array with receive-only array is found to be
beneficial when imaging at the relatively low frequencies used here, as they can address the
need for coils to be close to the subject, while allowing for geometrical flexibility and avoiding
the use of tight-fitting fixed-geometry coil housing.

A similar increase in SNR was obtained with in-vivo imaging as to simulation and phantom

measurement with the array configurations performing better than a single element TR coil.
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Here, the simulated imaging volume was cylindrical to match the measurement phantom, but
simulation with an elliptical cylinder may more closely match the case of a human torso.
Practically, the geometry of the receive coils are designed more favourably for a thinner sagittal
dimension, and would therefore more closely approach the ultimate SNR in the center of an
elliptical cylinder or torso shaped geometry.

The receive sensitivity of the 14-element array was found to be close to the uSNR in central
portions of the lung volume (>=75%) bordering or near the heart. Therefore, the potential
increase in SNR with greater element number is limited. Limited increases in SNR with
increasing element counts has been demonstrated previously in ref. (165, 182), where the
improvements found by doubling the number of elements from 8 to 16 results in marginal gains
in central portions of the imaging volume. In fact, for imaging 3He at 48 MHz reference (268)
also found only a ~2x factor increase in the average SNR within the lungs using a 32-channel
receive array when compared to a birdcage coil in TR mode. Additionally, SNR at the center
of the lungs was markedly lower than at the periphery, which fits with the simulation results
presented here.

Although transmit efficiency at the H frequency may be reduced due to impedance
mismatch, the overlaid images of °F and H confirm that the coil array can successfully be
used for obtaining co-registered images of both nuclei in the same exam without adjustment.
The ability to image both *H and *°F provides the SNR benefits of a receive array at both nuclei,
while avoiding the cumbersome alternative of multiple transmit and receive coils for both
nuclei.

The imaging resolution for diagnostic images are limited by the lowest SNR region obtained,
since lung defects must be detected equally reliably throughout. Therefore, in the application
of 19F/*H imaging further increases in array element count may provide no benefit considering
the increase in background noise (253), the complexity in compensating for receive sensitivity
inhomogeneity in images (269) and potential associated artefacts that can adversely affect
quantitative image analysis (270). If additional receivers were desired, elements orthogonal to
the loop coils (200, 220, 271) could be added with no detriment to the transmit efficiency or

reception of the current design.

4.6 Conclusion
An 8-element transceiver array with additional 6-element receive only array was presented.

Through simulation and experiment this array was shown to provide significantly higher SNR
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than that of a single channel coil. Furthermore, the use of MEMS in the transmit receive was
demonstrated, which allowed the array to be used for °F and *H MRI, with the only trade-off
being reduced transmit efficiency at the *H frequency. The improvement in receive sensitivity
measured experimentally was similar to the simulated. Additionally, simulation showed that in
the central part of the lungs (bordering the heart) >75% of the uSNR is expected to be achieved.
Therefore, the results presented here are close to the maximal CsFs/*°F ventilation image
quality obtainable with optimized sequence (Chapter 6) and RF coil hardware design, as limited
by the central lung region.
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Chapter 5: Linear Ladder Resonators for Improved Transmit Efficiency
of Individual Elements in Transceive Arrays: Application for a Thorax
Transceive Array for °F and 'H Lung MRI®

5.1 Abstract

In magnetic resonance imaging (MRI) of ventilation with inhaled inert gases, (3He, °Xe, 1°F),
wearable radiofrequency (RF) coils are often used, termed vest coils, to provide volunteer
comfort and produce RF magnetic fields at the Larmor frequency of the gas nucleus that target
the lung region. Conventional vest coil designs typically have less homogeneous excitation and
higher SAR than rigid volume resonators (birdcage coils), while transceiver arrays can provide
higher transmit efficiency, receive sensitivity and comfort. Here we introduce a hybrid vest
coil design combining non-periodic ladder networks with a transceiver array. A network theory
approach is derived for the calculation of tuning circuit components. Also, the novel concept
of using asymmetric tuning capacitors values in a ladder resonator network to produce
circularly polarized excitation with a single port is introduced. In simulation, different coil
designs (a 7-mesh non-periodic array, 6-mesh hybrid ladder/transceiver array, 8-mesh elliptical
birdcage coil and 8-element transceiver array) are compared in terms of transmit efficiency,
SAR and receive sensitivity for *°F lung imaging at 1.5 T. Construction and measurement of
the transmit and receive performance of the hybrid ladder/transceiver array is demonstrated.
Transmit homogeneity and SAR is improved relative to a transceiver array with similar
dimensions and is shown to be comparable to that of a birdcage coil, albeit with homogeneity

that is more sensitive to subject loading variation.

5.2 Introduction

At higher field strengths greater signal-to-noise (SNR) and contrast-to-noise is expected, but
these benefits are often unobtainable due to restriction on imaging parameters imposed by the
SAR constraints and magnetic field inhomogeneity. For example, for *°F gas lung imaging with
CsFs it has been demonstrated that at 1.5T SAR constraints limits the pulse sequence
optimization of a steady-state free precession sequence (SSFP) with the use of a common
quadrature driven vest-coil design (251). Consequently, a continual research area of magnetic

resonance (MR) radio-frequency (RF) coil engineering is to improve efficient and

3 This chapter will be submitted to the journal IEEE Transactions on Medical Imaging. All experiments,
simulations and analysis on data were carried and described in the witten manuscript by AMM. PH assisted in in-
vivo scanning. Manuscript revisions performed with MR, JIMW and AMM.
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homogeneous generation of the circularly polarized field (B;) for MR excitation in diverse
applications.

Two classes of coils exist for the excitation of the MR signal: transmit arrays and volume
resonators. Transmit arrays consist of a collection of distinct elements with separate RF
excitations achieved by power and phase division from either a single power source (244, 272)
or separate sources with adjustable phase (195, 273). In contrast, volume resonators have a
single electrical structure connected physically or by strong electromagnetic coupling. The
birdcage coil is the most commonly used volume ladder resonator in magnetic resonance
imaging (MRI) (192, 274), and forms a periodic structure.

For °F ventilation imaging the use of a whole body birdcage coil may not be suitable
because:

e The ease of use and volunteer/patient comfort is reduced because access to the
scanner bore is compromised due to the reduced space.

e The proximity of a close coupled vest coil to the lung provides higher SNR

e Birdcage coils resonant at the *°F Larmor frequency (60 MHz) will couple strongly
to any 'H (64 MHz) receive or transmit coils in the system, thereby increasing

complexity of design

Therefore, it may be preferable to combine the receive and transmit coils as a single array to
further reduce the complexity and improve the imaging subject’s comfort.

Methods of combining the benefits of a birdcage coil in terms of homogeneity and a
transceiver array for improved receive sensitivity have been explored previously. For example,
the use of a birdcage coil tuned for degenerate mode excitation, with adjacent current meshes
capacitively decoupled was demonstrated in (275). In this coil design the individual current
mesh is fed by a Butler matrix network for circularly polarized excitation, and the individual
meshes were also used as individual receive channels. In similar designs employing
transmission arrays emulating the current pattern of a quadrature driven birdcage coil the local
SAR has been shown to be reduced, and the reduction increases with a greater number of
transmit elements (276).

In these examples the size of the array structure remains similar to that of a birdcage coil and
the power feeding network remains complex and cumbersome. Alternatively, the half/open
birdcage (208, 277-291) and two-dimensional ladder resonators (205) are non-periodic

structures that allow for greater conformity to the structure being imaged, while having a single
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feed point. These examples of ladder coils operate on the principle of exciting a resonant mode
of the structure for linear excitation.

Here, we present a novel and efficient thoracic vest coil design for '°F lung MRI that
combines a number of coil design concepts (non-periodic ladder resonator, the degenerate
birdcage and transceive arrays) to reduce SAR, while maximizing transmit efficiency and
homogeneity and increasing receive sensitivity, while producing quadrature/circular
polarization excitation.

A theoretical framework was developed linking the design of linear ladder resonators with
network theory in a previously unexplored way. Also, using this framework an elliptical
birdcage coil, linear ladder resonator and hybrid ladder/transceive array vest coil were designed
and simulated. The theory developed for tuning is analogous to that presented for birdcage coils
previously (186, 189, 292), but for the ladder/transceive array vest coil an asymmetric capacitor
distribution on the rungs is shown to produce circularly polarized excitation. Through
simulation with a realistic body model phantom and in-vivo imaging we demonstrate the
potential benefits of the novel ladder resonator transceive coil design for combined *°F and 'H

lung imaging in humans.

53 Theory
5.3.1 General Solution for N-element Linear Ladder Resonator

In the network analysis presented here the generalized one-dimensional ladder network is
separated into N* and N mesh elements to the left and right of a central mesh, respectively, as
diagrammed in Figure 5-1. In the notation used throughout “I” (left) and “r” (right) are
included and treated separately since in many cases excitation occurs at a single point with a
symmetric structure to the left and right. Also, in the ladder coil design investigated here an
electrical asymmetry is introduced about the central mesh, which is not easily expressed
without separating “left” and “right” sections.

Adjacent meshes are joined by shared current paths as diagrammed in Figure 5-1. In the
illustrative example shown the central mesh is excited at the port labelled V,, while additional
ports are labelled as V7, and V%, representing ports of meshes to the left and right of the central

mesh, respectively. Tuning capacitors (C; and C}) and intermesh capacitors (Cin—1yn and

C(’n_l)n) are distributed as shown in in the diagram of Figure 5-1.
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Figure 5-1: a: Conceptual diagram of a general linear ladder resonator with lumped capacitors, currents and port
excitations labelled. Example diagrams of different one-dimensional ladder networks with arbitrary geometry are
shown including: b: a non-periodic ladder network, c: a periodic ladder network and d: network consisting of two
separate 3-mesh non-periodic ladder networks (ladder/transceiver-array hybrid).
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Since the lumped capacitors could potentially consist of resistive or inductive components,
or more complex LC networks, in the network formalism that follows the lumped impedances
are represented by Z#" and ZZ!, and Z(L,f_l)n and Z(L,’l_l)n. These are incorporated into the two
vectors:

’Z(Lp’w‘_l)m"

Z1
zt=| 7§ |Z¥ =

z! }
lz{):”T | (5-1)
Z(LIGr_l)Nr lZSIJ

L
L ZNlNr i

where the z% vector contains the inter-mesh coupling impedances and the z# vector contains
the individual mesh tuning impedances.
For any network the relation between mesh currents and voltage excitation is expressed by:

ZlI =V (5-2)
where Z is the impedance parameter matrix, I is the mesh currents vector and V is the voltage
vector. For the one-dimensional ladder network diagrammed in Figure 5-1a, Z can be separated
into Z =Zg+ Z,+ Zy, where Z; is the lumped mesh tuning impedances matrix, Z is the
lumped mesh coupling impedances matrix and Z is the geometrically dependent portion of
the final impedance matrix. Therefore, for a one-dimensional ladder network (5-2) can be

expressed as:

(ZG+ZC+ZT)I=V (5'3)
where the voltage vector (V) and current vector (I) are given by:
(] [Vw]
R
1=[1(t) y:lv(t) (5-4)
N N

Previously, the elements of Z; have been solved for with analytical equations for the mutual
and self-inductance of meshes, or by numerical methods (188, 274, 292, 293). Here,
electromagnetic simulation or measurement may be used to solve for Z with known Z; + Z;
to determine Z;. The tuning matrix Z; is unidiagonal, with elements along the diagonal equal
to:

_ {Z%, form=n (5-5)

T'mn 0, otherwise

while the coupling matrix Z is given by:
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in -zt 0 0 -zt .
+Zhy, NN (5-6)
-z i+ 5 -Z% 0
Ze = 0 -z} 0
.. . . L
0 ’ ’ S SRV
L L ZLI r
—Zyinr 0 0 Zyiiyroy ¥ *L'N -1
L +ZN‘+NT

For the case of a non-period ladder resonator, as diagrammed in Figure 5-1Db, there are no

L

NUANT+L — 0. For a

intermesh capacitors between the outermost left and right meshes and Z

L

vlinT4q 1S the intermesh capacitor

periodic ladder resonator, as diagrammed in Figure 5-1b, Z
between outermost left and right meshes. As for the ladder network in Figure 5-1b, if there is
an even number of meshes one more mesh is arbitrarily assigned to the group of left-side
meshes than the right side.

Typically, the desired current distribution is known, while the lumped impedance parameters
are solved for, so (5-3) is more naturally expressed as:

IcZE+ 129 + Zgl =V (5-7)

The matrix I is unidiagonal, with elements equal to:

I _ {Im, form=n (5-8)
Tmn ™ | 0, otherwise

while I is given by:

Il_Iz 0 Lo 0 INl-f—NT_I]
(5-9)
Iz_ Il Iz_ 13 "; .'. O
I = 0 -5
0
0 0 Pyiynr—a Typnr
=Dy e =Ty g

In order to obtain the desired relative current phase and magnitude difference between
meshes it can be shown that it is necessary to solve the homogeneous form of (5-7), with V =0

(294). Therefore, the equation:
IcZ8 + 1:Z9 = —-Zg1 (5-10)
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yields the required Z% and Z¥ that allows the network to hold the desired current distribution
I. In practice, to ensure that the correct current distribution is induced with multiple
voltage/port excitations the specific solution must be solved unless the network has a known
symmetry that enforces a symmetric voltage distribution as well. Equation (5-10) predicts that
any arbitrary current distribution can be produced, however in practice this is limited by the
impedance parameters and structure of the network. The use of resistive impedances is not
desired and negative resistance is not applicable. In the most general case there are 2(n!+ N"+1)

variables for the resulting n'+ n"+1 mesh equations; so the system is underdetermined.

5.3.2 Application to the Birdcage Coil
Following canonical birdcage coil theory the total number of meshes (v* + n™ + 1)/4 must be
an integer for quadrature excitation. Also, for quadrature excitation two current distribution

modes must be supported by the network structure concurrently:

mode 1: I, = I, cos (2—” (m— 1)) (5-11)

NL+NT+1

2

mode 2: I, = Iy cos (m

(m—1+ N+ NT + 1)/4))
In this case there are 2(n'+ n"+1) equations to match the number of variables, but depending
on the suitability of matrix Z to support these current modes a solution may not exist (292).
It is often assumed that resistive losses and resistive coupling between meshes of the birdcage
coil are both negligible, such that the impedance/coupling matrices introduced are positive
definite, therefore resulting in a real solution and requiring purely reactive tuning impedances
(188, 292). However, further simplification at this point reduces the accuracy of the solution
for different practical cases, such as large loading as by the human body. Also, asymmetric
loading cannot be accounted for, where different meshes have different resistive self-
impedances and resistive coupling between adjacent meshes.
Consequently, one method of determining the required tuning capacitors is to determine the

elements of Z! that satisfy the following minimization:

[anl] = [_IT_l(ZG I+ ICZL)' model (5_12)
ZIrLInZ _IT_l(ZG I+ ICZL)' mode2

min|Re(ZH)|1
min|(Zg¢1—Zg¢2)|1
The minimization of |r(z®)|, is the same as ensuring that the tuning impedances are reactive

(capacitors or inductors). The minimization of |(z#, — z%,)|, ensures that the tuning impedances
employed result in a network with two quadrature current modes. Consequently, strong

resistive coupling and potential asymmetric loading that may disrupt the expected symmetry is
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accounted for with (5-12), while not making assumptions on the geometry or structure of the
network.
Similarly, the elements ZH can be determined to satisfy the minimization:

Z£‘n1] = [_16_1(26 I + ITZH)' model (5-13)
Zial -1 Zo I+ IiZM), oaen

min|R(Z7)|,
min|(zrln’11_zrln’12)|1

Practically, the complexity of varying the intermesh impedances Z* for (5-12), or Z¥ for
(5-13), is simplified for the case of birdcage coils due to geometric symmetry. For example,
for the simplest case of a circular birdcage coil each rung capacitor is equal, so only the value
of a single capacitor needs to be determined. Also, for an elliptical birdcage there is a mirror
symmetry of tuning/coupling elements about the coronal and sagittal planes of the coil,
resulting in (N! + N7 + 1)/4 capacitor values to determine. Due to symmetry, in these cases
there is typically not a single solution of Z¥ and Z*.

For the case where either only inter-mesh impedances (low-pass) or individual mesh tuning
impedances (high-pass) are employed, (5-10) can be rearranged as:

Zt = 1.7 Yz, 1 + 1;2"),for 2" = 0, 0r (5-14)

ZH = — 1.7 Y Zg 1+ 1.2M),for 28 = 0

where it can be seen there is a single solution in either case.

5.3.3 Application to the Non-Periodic Linear Ladder Resonator

As discussed here, for a linear non-periodic ladder network as shown in Figure 5-1b to
emulate the desired current pattern of a quadrature driven birdcage coil, or fixed phase/power
transmit array, the magnitude of the current on each mesh is equal with a constant progression

of phase between meshes. Stated formally this means that:
[e-i¢cN'] (5-15)

1 ‘

where ¢, is the phase progression.
Practically, this may be achieved by a similar method as that introduced for the birdcage coil,
by determining the elements of ZX or Z¥ that results in the minimization of:

H_ _ g5 -1 L )
min|lRe(ZH)|1[Z = Iy (Zg I +1cZ7),0r (5-16)

L _ _g -1 L
mmme(zL)'l[z =—I."Y(Zg I+ 1,2
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where I is given by (5-15). For a single port excitation, the value of the tuning capacitor on
the feeding mesh does not change the relative phase or magnitude between other meshes.
Therefore, for a non-periodic resonator there are a resulting 2(v'+ ~7) relevant variables in Z*
and Z¥. The explicit set of equations to determine the tuning capacitors from equation (5-2),
and applied for a 3-element non-periodic ladder resonator, is detailed in (295) and shown in
the appendix.

There may be no solution resulting in purely reactive tuning impedances. Also, there are no
simplifications that can be made based on geometric symmetry since the non-periodic ladder
resonator with imposed current distribution of (5-15) is not electrically symmetric. In addition,
to produce the desired phase shift the self-impedances of the meshes must have a resistive

component, which differs from previous description of ladder resonators/networks (296).

5.3.4 Hybrid Linear Ladder Network and Transceiver Array

The extension of the network theory developed to arrays of non-periodic ladder networks is
simple. As shown in Figure 5-1d separate ladder networks can be treated as together in the
network equations (5-2) and (5-3), except with elements of the inter-mesh capacitors, ZL, set
to zero or excluded. As an example, for the specific case of two three-mesh ladder networks in
Figure 5-1d:

21 74 (5-17)
0 zj!
| |
zh =gzl 2" = Zur
0 zir

Equation (5-16) can therefore be applied in the same way as for a single connected ladder

network.

5.4 Methods

5.4.1 Simulation of Transmit/Receive Comparison Metrics

Simulation of transmit and receive performance was performed at 60 MHz as described in
sections 3.3.3 and 4.3.4. To test the variation of transmit homogeneity with loading, the size of
a phantom, with dielectric properties &, = 76 and ¢ = 0.8 S/m (54), was varied in size. The
phantom was an elliptical cylinder with major radius 20% larger than the minor radius,

simulated with sizes of 12 cm, 14 cm and 16 cm for the minor radius. The transmit efficiency
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(B;) for 1kW RMS input power, and SAR averaged for 10 g regions (146) were compared for
each coil and the intrinsic SNR (iSNR) with the coil acting in receive mode with the iISNR
calculated according to (2-105) . To emulate a single coil for the elliptical birdcage coil the
fields were combined with a fixed phase corresponding to the opposite circular polarization of
that in transmission, while for the coils acting as receive arrays the weights for optimum

combination used were obtain according to (2-104).

5.4.2 Simulation of 7-mesh Linear Ladder Resonator

A demonstrative example of a non-periodic ladder coil using asymmetric capacitor tuning
for circular polarization was developed with dimensions as shown in Figure 5-2a. The 7-mesh
coil is excited from a central port and the conductor is split on the opposing side with capacitive
decoupling employed (236) (C45 = 12 pF,C,; = 60 pF) to isolate the two outer-most meshes.

The desired current distribution from (5-15) is:

-6 (5-18)

To solve (5-16) for this current distribution simulation was performed with an initial set of
capacitor values (all capacitors in Z# and Z% set to 25 pf) and all meshes fed from a central
port to determine Z. Based on the simulated impedance matrix the minimization in (5-16) was
then carried out. Since the asymmetric capacitor values altered the distributed nature of the
coil’s electrical symmetry it was observed that the geometrically dependent impedance matrix
Z; was also slightly altered. The simulation was repeated with newly calculated capacitor

values iteratively until the simulated impedance matrix remained constant.

5.4.3 6-mesh Ladder/Transceive Array Hybrid

The coil displayed in Figure 5-2b is a hybrid design of a transceive array and ladder array
similar to that presented as a conceptual diagram in Figure 5-1d: fed from the two ports labelled
0° and 180° to excite the current distribution of (5-15) on the six meshes. For the meshes that
are adjacent to each other and not part of the same two 3-element ladder structures decoupling

was achieved by critical overlap.
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The separate resonators are treated as a 6-mesh system. The symmetry of the coil design

means that the lumped impedances on the separate 3-mesh ladder networks are the same so

that (5-17) can be re-written as:

A
LA
S
| ) ZH = Z(I)ﬂr
e
I

(5-19)

Finally, to replicate the current distribution of a 6-mesh birdcage, with quadrature excitation,

the desired I is:
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e 3
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(5-20)

Asymmetries in loading may lead to differences in the required tuning impedances found

solving (5-16) for of ZL or ZH, but for the specific implementation of the coil shown in Figure

5-2Db these differences were negligible.
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Figure 5-2: Simulation models of a) a 7-mesh non-periodic ladder coil with single port excitation, b) 6-mesh non
periodic ladder/transceive array hybrid with two port excitation, ¢) conventional 8-mesh elliptical birdcage volume
resonator and d) 8-element dual row transceive array.

The coil is designed to fit the form of to the human torso and therefore includes a curved top
element to accommaodate the arms and is of smaller dimensions than the 7-mesh ladder coil or
the elliptical birdcage shown in Figure 5-2c. This is expected to be at the detriment of field
homogeneity (due to smaller size and theoretically non-optimal geometry of current carrying
paths) for the benefit of subject comfort. Due to the smaller size and larger filling factor there
should also be an increase in receive sensitivity and transmit efficiency. Derivation of the
required capacitor values was carried out as with the 7-element resonator. There is a separate
receive channel for each mesh. For the calculation of B the ports were replaced with current

sources to determine the receive sensitivities of the individual meshes.
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5.4.4 Simulation of 8-mesh Elliptical Birdcage Coil

As a standard for comparison with the novel ladder-coils introduced here an 8-mesh elliptical
birdcage coil was simulated with the dimensions labelled in Figure 5-2c, which is similar to
that of commercial MRI coils (Rapid Biomedical) previously employed for 1°F imaging at 1.5T
(123). The separation/placement of rungs followed the theoretically derived optimal values for
the current distribution in (5-11) (188).

The derivation of capacitor values was carried out as for the non-periodic ladder resonator
coils, with central parts of the coil replaced with ports and iterative simulation with capacitor
values derived with equation (5-12). In contrast to the 7-mesh non-periodic ladder resonator,
only two capacitor values needed to be optimized since the coil has elliptical quadrature

symmetry.

5.4.5 Simulation of 8-element Transceive Array

The simulation and design of the dual row 8-element transceive array in Figure 5-2d has been
described previously (244). Superior and inferior adjacent coils are decoupled capacitively,
while adjacent coils on the same row are decoupled by critical overlap. Matching is performed

on each coil individually and they are driven by separate ports in simulation.

5.4.6 Fabrication and on-bench Measurement of Ladder Transceive Array

The ladder/transceive coil shown in Figure 5-2b was constructed from 11 mm wide copper
tape. Capacitors were initially placed on the coil with values equal to those from simulation.
To further tune the array on the bench the impedance matrix was first measured via calibrated
S-parameter measurement (297). Inter-mesh capacitors were then changed to match the
required mutual reactance between adjacent elements and tuning mesh capacitors were varied
to match the reactive part of the self-impedance. Final capacitor values were found to be close
to those simulated (£10%), with the variation observed likely due to differences introduced in
construction and the phantom geometry using in measurement vs. simulation. In measurement,
variability may also be introduced due to the introduction of BNC connectors on arm straps

and the use of Velcro to join the anterior meshes so the coil opens up as shown in Figure 5-3.
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Figure 5-3: (a) Multinuclear ‘°F and *H phantom (separate compartments) on coil when it is unfolded. (b) 6-
element transceiver ladder array unfolded showing connection points for receive and transmit sections. Shoulder
straps are connected with BCN female-male connectors and central overlap on one side is joined with by Velcro
strips (¢) Coil assembled with human torso phantom inside.

The circuit diagram for the constructed coil is shown in Figure 5-4, which includes the
matching networks employed. During transmit all PIN diodes (MA4P7435F-1091T, MACOM,
MA) are forward biased and act as small value resistors (< 0.2 Q). The lattice balun employed
for the receive network also isolates the preamplifier circuitry by acting as a larger parallel
impedance with the diode in parallel with Cr. In reception the PIN diodes act as large capacitive
impedances (< 2 pF) and the transmit circuitry is isolated from the coils. A 180° power

combiner is used to split power between the two 3-element ladder resonators on opposing sides.
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Preamplifier decoupling of coils is provided by the use of low impedance preamplifiers
(~1.5 Q for WanTCom WMM series, with measured noise Figure of ~1.5dB for both *H and
%F frequencies) (252).
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Figure 5-4: Circuit Schematic for 3-element ladder/transceive array with Rx/Tx matching and switching/detuning
networks shown. In practice the capacitance was distributed along the coil with multiple capacitors as shown in
Figure 5-2b.

The imaging/on-bench measurement phantom also shown in Figure 5-3 consisted of a torso
shaped shell filled with 1.96g/L CuSOa4 and 3.6g/L NaCl solution and two separate bottles filled
with 81% CsFg+ 21%0: to represent the lungs. The S-parameters of the two separate 3-element
ladder resonators of the transceiver array were measured and compared in transmit mode to the
simulated values over a range of 45 MHz-75 MHz. Measurements of the S-parameters in
transmission were performed prior to matching and after matching with the series connection

of a /4 T-line matching network and 1/4 lattice balun.
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5.4.7 MR Imaging

To characterize the flip angle (FA) within the multinuclear torso phantom at '°F and H
Larmor frequencies pixelwise fitting was performed as described in section according to the
spoiled-gradient echo (SPGR) signal equation as in reference (257) and detailed in section
3.3.4. For H imaging the repetition time (TR) was long relative to T so that the signal was T1
independent, while for *°F imaging a T1 of 17.5 ms was used for fitting. In-vivo FA mapping
was also performed by varying the input power in three steps with a T1 of 35 ms. The in-vivo
images were filtered prior to fitting to improve the SNR for improved fitting accuracy. Based
on the derived mean FA for given input power at both frequencies in-vivo ventilation and

anatomical imaging was performed. The sequence parameters used are provided in Table 5-1.

Table 5-1: Imaging parameters of the phantom FA mapping and in-vivo ventilation and anatomical imaging

Sequence | TE | TR (ms) BW (£KH2) | Resolution (mms) FOV (cms) Target FA | Avg.

(ms) )
Phantom FA mapping
'H | 2DSPGR | 3.1 400 10 6.25x6.25x10 40x40x29 20-145 1
“r | 3DSPGR | 2.9 6.8 3.01 10x10x15 40x36x24 4-30 15
In-Vivo Anatomical + Ventilation Imaging
'y |2DSPGR | 2.1 120 19.3 4x4x10 40x40x24 30 1
“c| 3DSSFP | 1.4 4 8.96 10x10x10 40x32x24 76 10
In-vivo FA mapping
19,; 3DSSFP | 14 35 3.01 12.5x12.5x20 32x26X12 20/40/60 1
5.5 Results

5.5.1 Simulation of Tuning Capacitor Values

Final values of the capacitors used in simulation of the 7-element resonator are provided in
Table 5-2. Additionally, the final simulated self-impedance and next nearest meshes mutual
impedance (from Z; + Z. + Z;) are included. The difference in tuning a non-periodic
resonator for the current distribution in equation (5-15) compared to a conventional birdcage
is apparent in the asymmetry of tuning capacitor values about the central feed mesh. Although
not explicitly clear from equation (5-16), the tuning capacitor on the central mesh (C§) has no

impact on the resulting current distribution.
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Table 5-2: Tuning capacitor values and simulated impedance parameters (self-impedance and next-nearest
neighbour mutual impedance) of 7-mesh linear ladder resonator when simulated with the realistic body model.

Inter-mesh Capacitors (pF)
Chs cl ¢ Cty Cl Cly
19.8 15.2 12.4 49.1 44.2 33.2
Self-Impedance Tuning Capacitors (pF)
(of; c} ct Co cr cy cy
23.4 27.3 39.5 16.6 14.4 13.7 17.7
(Self-Impedances (Q))

Z33 Z3 Zi4 Zoo Z1 Z3 Z33

9.52-25.9j | 12.2-81.0j | 8.76-126] | 9.43-29.8) | 12.1+51.9] | 16.6+12.0j | 10.3-5.28]
(Mutual Impedances of Neighbouring Meshes (Q))

Z5s 4, Z4 Z5 75 75

0.28+33.2) |1.57+62.0j| 5.44+101j | 3.14-63.1j 1.2-46.1j -5.22-7.29j

The self-resistance of the meshes is also asymmetric, partially due to simulation with the
non-symmetric human body model, and partially due to the change in conservative electric
field losses in the loading phantom due to asymmetric voltage/electric field distribution
introduced on the different current meshes for the asymmetrically placed tuning capacitors
(298).

The tuning capacitor values for the ladder/transceiver array and resulting impedance
parameters are shown in Table 5-3. Again, the asymmetry between left and right sides is
apparent. If there was no coupling between non-adjacent meshes, or asymmetric loading, the
impedance matrix would be conjugate symmetric (z,=2%," and z},=25,").

Assuming that the mesh corresponding to the 0° feed point is the central mesh (mesh with
current lo in Figure 5-1b) the value of capacitors used to tune the elliptical birdcage were ¢} =
1000 pF, C} = 2400 pF, C, = 1000 pF, C}, = 6.6 pF and C}, = 6.8 pF. Due to the geometric quadrature
symmetry the other capacitors included are the same as these values.

Table 5-3: Tuning capacitor values and impedance parameters (self and mutual impedance) of the 3-element linear
ladder resonators for the ladder/transceive array hybrid simulated with male body model.

Inter-mesh Capacitors (pF)
Cox Coa
15.9 44.7
Self-Impedance Tuning Capacitors (pF)
ct Co cr
11.9 14.2 8.46
Self-Impedances (Q)

Zh Zoo Z1,

22.4-29.5j 26.5-15.6j 21.0+0.91j
Mutual Impedances of Neighbouring Meshes (Q)

zl Zy,

6.2+49.0j -4.5-55.6j
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5.5.2 Variation of Transmit Field with Load

Figure 5-5 shows the resulting By and B; fields with a 1 kW RMS excitation in an axial
slice as the phantom size and type is varied. The capacitor tuning was optimized for all coils to
produce the desired current distribution when simulated with the human body model. It is clear
that the 7-mesh non-periodic resonator is highly sensitive to the loading and inhomogeneity
and non-quadrature excitation arises when the loading is varied, with greater excitation of
meshes on the side of coil to the right of the central feed port. The reason for this asymmetry
can be attributed to the different levels of mutual and self-reactance required for the desired
current distribution with the human load. Lower self and mutual reactance is present on the
right side meshes so that changes in the self-resistance leads to larger variations in the currents
on these meshes. The ladder/transceive coil is less sensitive, but the same observed asymmetry
of excitation is observed. In contrast, the fields produced by the elliptical birdcage coil visually
appears to maintain an elliptical symmetry. The ladder/transceive coil shows greater field
inhomogeneity in the body than the other two, but this may be attributed to the lower number

of meshes and a geometry that is optimized to be form fitting.
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Figure 5-5: Simulated B} and B7 fields in a central axial slice produced by the a) 7-mesh non-periodic resonator,
b) ladder/transceive resonator and c) elliptical birdcage. For each coil the fields maps are displayed for three
different sizes of an elliptical phantom and a human body model. The mean and standard deviation of the B}
within the phantom is listed above the maps.
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The simulated reflection coefficient for the non-periodic ladder coil, hybrid ladder/transceive
array and elliptical birdcage coil with human body model over a broad frequency range are
shown in Figure 5-6. Although the elliptical birdcage coil isn’t strictly lowpass the endring
capacitors are of low enough impedance that 4 distinct modes, and the end-ring mode, can be
separated and appear with a distribution similar to that of the lowpass birdcage (293). For the
non-periodic ladder coil and hybrid ladder transceive array there is no familiar mode
distribution and the frequency of interest (60MHz) does not correspond to specific resonance

but the coil appears to operate between multiple resonances.

Frequency (MHz)
40 60 80 100 120 140 160

b Frequency (MHz)
40 60 80 100 120 140 160

C Frequency (MHz)
40 60 80 100 120 140 160

end-ring

Figure 5-6: Simulated reflection coefficient (without matching) for a: 7-mesh non-periodic resonator, b: 3-mesh
half of 6-mesh ladder/transceive resonator and c: elliptical birdcage coil with specified modes.
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5.5.3 Transmit Efficiency of Coil Designs

Transmit efficiency in coronal and axial slices and SAR maps in axial slices for the elliptical
birdcage coil, ladder/transceive array and conventional transceive array are displayed in Figure
5-7. The mean and standard deviation of the transmit efficiency displayed above slices is found
inside the outlined lung volume, which was derived from previously acquired ventilation
images in a healthy male volunteer of a similar size to the simulated human body phantom.

The mean transmit efficiency of the ladder array is higher, with poorer spatial homogeneity
than the transmit array. The homogeneity of the ladder/transceive array is lower than the
elliptical birdcage, but the ratio of transmit efficiency to SAR is higher. Figure 5-7b shows the
distribution of SAR is more homogeneous for the ladder array and birdcage when compared to
the transmit array, while having a lower maximum 10g averaged SAR.

A Transmit Efficiency
Mean(u)=xstd. deviation(o):
11.6 uT/{kW+£12.1% 9.8 uT/fkW+9.5% 11.3 uT/{kW+14.8%

Ladder Array Birdcage

b 10g averaged local SAR
Maximum: (W/Kg)

66.0 W/Kg 70.9 W/K 126 W/Kg 120

Transceive Array

Ladder Array Birdcage Transceive Array

Figure 5-7: (a) Simulated transmit efficiency for a given 1 kW RMS input power for the 6-mesh ladder/transceive
array coil, elliptical birdcage coil and 8-element transceive coil. (b) Also, the corresponding 10g averaged local
SAR is shown in a central axial slice both, where the maximum within the entire body is labelled above.
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5.5.4 Receive Sensitivity of Coil Designs

The simulated receive sensitivity according to (2-50)) for the elliptical birdcage coil,
ladder/transceive array and conventional transceive array are displayed in Figure 5-8. The mean
and standard deviation that are displayed above the maps are measured from the same lung
volume as for the transmit efficiency plots in Figure 5-7. As may be expected, the receive
sensitivity of the arrays is much higher than that of a single volume resonator (the elliptical
birdcage). The 6-element ladder/transceive array has lower mean receive sensitivity than the
8-element dual row transceive array, but the amount is commensurate with the difference in
the number of elements. The increase also appears to be primarily due to higher sensitivity in
the peripheral regions of the lungs, due to the smaller size of the coils in the transceiver array

design, while the receive sensitivity in the central region is close.

Receive Sensitivity
Mean(u)+£std. deviation(o):

uTHQ
0.54uTHQE27% 0.22uTHQ+8.6%  0.71uTHQ+34%

10.9
10.8
10.7
10.6
0.5
0.4
0.3
0.2
0.1

Ladder Array Birdcage Transceive Array

Figure 5-8: Simulated receive sensitivity of the 6-mesh ladder/transceive array coil, elliptical birdcage coil and 8-
element transceive coil in central coronal (top) and axial (bottom) slices.

There was a small difference in the simulated homogeneity of the receive sensitivity when
compared to the transmit field for the elliptical birdcage. This is due to the simulation in
transmit sensitivity assuming equal power is delivered to each port in transmission, while in
simulation of the receive sensitivity there is expected to be equal current magnitude. Thus, the

discrepancy arises due to the different loading of the two quadrature modes, which in practice
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may be compensated by use of a feeding network that delivers unequal power to the two ports
(188).
a Frequency (MHz)
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Figure 5-9: (a) Simulated (dashed) and measured (solid) scattering parameters prior to matching of the pair of 3-
element ladder resonators. Differences in the resonant frequencies for simulation and measurement are expected
due to differences in the geometry conformation during measurement and the tuning capacitors on the central
current mesh coil. (b) The resulting S-parameters when each of the ladder resonator pair is matched is shown,
where matching remains ~10 dB at the H Larmor frequency of 64 MHz and isolation is ~15 dB.

5.5.5 Ladder Array Transmit Matching

The results of measuring the S-parameters at the transmit ports of the ladder/transceive coil
hybrid before and after matching is shown in Figure 5-9a and Figure 5-9b, respectively. The
trends of the simulated Si1, S22 and Si2 match those of the measured, with some difference
expected due to variations in the constructed vs. simulated geometry. The isolation between
ports is relatively high at 60 MHz (~15 dB), but since this is taken into account in the

derivation of capacitor values with (5-16), for the current distribution of (5-20), it should not
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significantly alter the imposed current distribution. The resonances of the coils to the left and
right of the feed mesh is observed in the dips at higher and lower frequencies. After matching
the dips are not observed as the matching network is narrowband. The reflection coefficient of
the ports is ~ — 10 dB at the Larmor frequency of *H indicating that power reflection should

not be detrimental to safety or equipment after the inclusion of the 180° power combiner.

element #
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Figure 5-10: For the ladder/tranceive array hybrid measured (a) noise correlation matrix, (b) SNR maps and (c)
FA maps in a central coronal and axial slice at *H frequency (64 MHz) with the mean and standard deviation of
FA displayed calculated within the entire imaging phantom.

5.5.6 Phantom Imaging

Results of FA mapping with the multinuclear human torso phantom using the hybrid
ladder/transceiver array with *H are shown in Figure 5-10. Noise correlations between the
different elements are shown, which are generally less than 0.25. The pattern of the SNR maps
shown with the FA maps are similar to the simulated receive sensitivity in Figure 5-8. The
standard deviation of the FA is £21% throughout the volume of the torso phantom, which is
comparable to the 18.9% simulated in an axial slice in Figure 5-5 considering the coil is
operating off-resonance, with some difference in power delivered to the two ports observed
due to mismatch.

The noise correlation when imaging the multinuclear torso phantom at the Larmor frequency

of F is shown in Figure 5-11. The noise correlation between elements was generally lower
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than 0.25, which was also observed with the *H phantom imaging. Additionally, the individual
SNR maps from each channel shown in Figure 5-11c demonstrate distinct sensitivity patterns
are obtained with each channel. The standard deviation of the FA within the imaging phantom
bottles is close to that found with simulation in the lung region shown in Figure 5-7a (£12.9%
in measurement vs. 12.1% in simulation). Some greater variation in the measurement fitting
may be due to the effects of pixels on the edge having part of their volume outside of the

phantom, which appears to result in an inaccurate increase in the fitted FA.
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Figure 5-11: For the ladder/tranceive array hybrid measured (a) noise correlation matrix, (b) individual channel

SNR maps and (c) FA maps in a central coronal and axial slice at the *°F frequency (60 MHz) with the mean and
standard deviation of FA displayed calculated within the entire imaging phantom.

5.5.7 In-Vivo Imaging

In-vivo °F ventilation images acquired with the long T1 SPGR imaging for FA mapping are
showed in Figure 5-12a, with the corresponding FA maps. Higher than simulated variation is
found, which may come from two sources. The flexibility of the coil distorts the geometry,
leading to observer high FA regions in the very anterior of the lungs and low SNR regions may

have more variation due to the impact of noise on the least-squares fitting.
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Figure 5-12: *F in-vivo a: SPGR images and b: FA maps.

Co-registered H anatomical and °F ventilation in-vivo images are displayed in Figure 5-13.
The H images have higher SNR than obtainable using a single volume coil with the same
imaging sequence, and no regions of signal dropout due to inhomogeneity in the receive or
transmit fields was observed. In the ventilation image the presence of banding artefacts are
observed. These artefacts are not observed in the FA maps or SPGR images so they can be
attributed to the use of SSFP imaging due to the Bo inhomogeneity and are unrelated to the
coil’s operation. The SNR is largely uniform between left and right lungs with higher SNR
observed in the anterior and posterior slices as expected from the receive sensitivity maps

shown in Figure 5-8.
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Figure 5-13: °F Ventilation images of 81%C3Fs+21%0, overlaid on anatomical *H images acquired with
ladder/transceive array.

5.6 Discussion

The formalism presented in section 5.3 demonstrates a novel method to derive tuning
impedances for any network that can be represented by (5-2). Using this formalism, the
investigation of the non-periodic ladder coil for producing a current distribution analogous to
that of the birdcage coil was enabled, including quadrature modes for circular polarization,
which has not been attempted or demonstrated before. Furthermore, a direct consequence of
the theoretical framework presented is the concept of a hybrid design combining a transceive
array and non-periodic ladder resonator, which has not been presented previously. This was
motivated by the potential to combine the benefits of better SAR and transmit homogeneity
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characteristics of a volume resonator at 1.5 T, with the transmit efficiency and form fitting
nature of the transmit array.

At higher field strengths (>1.5 T) transmit arrays have proven to be crucial for improving
transmit homogeneity and reducing SAR as the dimension of the body relative to the
wavelength becomes comparable (299, 300). However, even at 1.5T the use of transceive
arrays has benefits of improved transmit efficiency, capability to be form fitting and
improvement in receive sensitivity from using the individual transmit coils in reception.
However, at 1.5T volume resonators still yield very homogeneous fields. In this study the
comparison of a previously employed dual-row transceive coil design (244) and an elliptical
birdcage showed better SAR and transmit homogeneity for the birdcage, with greater transmit
efficiency and receive sensitivity for the array. A large part of this difference is due to the
relative size difference of the two coils, with a larger sized transceive array a greater
homogeneity and lower SAR could be achieved (at the expense of transmit efficiency).

The method of excitation and operation of the non-periodic ladder array introduced here is
fundamentally different than the canonical theory of excitation of eigenmodes with birdcage
coils (292), half-birdcage coils (301) or for more general 2D ladder networks (205, 296),
generalized 2D meshed circuits (302) and TEM coils (191). The concept of resonance modes
is not explicitly employed. This is expressed by the resonances occurring off-center of the
imaging frequency observed in the S-parameters (Figure 5-9), and the asymmetric impedance
parameters listed in Table 5-1 and Table 5-2. Furthermore, the resistive component of the
impedance/coupling matrices is crucial for achieving the desired distribution, which is in
contrast to typical ladder resonator eigenmode analysis where the resistive component is either
neglected or assumed to only have a small perturbation on the resonance modes (187, 188, 255,
274). The formalism presented here doesn’t require any such simplification of the network
model.

The schematic representation and circuit formulation developed here ignored the effects of
parasitic capacitance, coupling with other elements present in the MR environment (cables,
coils, human body etc.) and wavelength dependent effects with large distributed coils resulting
in alternative current paths. At higher frequencies difficulties may arise in maintaining the
expected current distribution on the ladder resonators without accounting for these factors.

The sensitivity of the operation of the ladder resonator to the resistive portion of the
impedance matrices is revealed by the variation in field patterns with loading. The extreme
sensitivity of the 7-mesh non-periodic ladder coil tested here precluded its consideration as a

viable design for the application of *°F/*H lung imaging. However, due to the fewer number of
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meshes, and inclusion of two feed points as in a transmit array, the ladder/transceive coil was
found to be viable.

The ladder/ladder array is tunable on the bench through referencing the measured S-
parameters to the simulated S-parameters during construction. Without obvious ‘“on-
resonance” behaviour at the imaging frequency as observed with other surface or birdcage type
coils the measurement of impedance parameters was critical for guiding the tuning. However,
as found here the simulated and measured capacitor values should match very closely if the
simulation model is suitably accurate.

Currently, the accuracy of the simulation has been verified through experimental results with
the 6-element adder array and the 8-element transceive array (Chapter 4). The performance of
the elliptical birdcage coil was not verified experimentally. However, the simplicity of the
birdcage coil relative to the ladder coil and the many previous studies demonstrating the
simulation accuracy of birdcage coils indicate further experimental comparison is not
required(189, 197, 213, 292).

Although the ladder/transceive design poses additional challenges in the complexity of
tuning and simulation, a number of benefits were observed.

(i) For a lower number of feed points than that of a transceive array a greater amount of
meshes are excited, resulting in a more distributed current distribution.

(i) a lower SAR

(iii) improved transmit homogeneity for a coil of similar dimensions to the simulated 8-
element transceive array.

This is important for °F gas lung MRI where rapid imaging with a relatively large FA is
required to increase SNR (133) due to low spin density. Additionally, 6 receive channels were
able to be incorporated with the form fitting ladder/transceive coil, which is important in °F
lung MRI where the inclusion of multiple *H and °F transmit and receive arrays, which couple
closely together, is problematic with limited space in the magnet bore.

In measurement the ladder/transceive coil showed the expected homogeneity and receive
sensitivity patterns from simulation. Additionally, the coil matching and homogeneity at the
IH frequency proved to be adequate for the purposes of H anatomical imaging for co-
registration with ventilation imaging. The homogeneity of the ladder coil may change as seen
in Figure 5-5 with loading, but for the intended application this may not be significantly
detrimental. Part of this change will also depend on the asymmetric loading that is present in
the case of human loads. As an example, for the SSFP imaging sequences that may be routinely

used in °F imaging a variation of 33% (60° FA compared to 90°) has been shown to result in
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only a 10% decrease in signal (133). This is also general property of the rapid low FA SPGR
sequences that would be used for *H anatomical imaging.

In the future, methods of stabilizing the variation of mesh current to load variation with such
ladder coil designs may need to be introduced. The inclusion of resistive components/losses in
the coil design during transmit is one method that may provide this stability, at the expense of
transmit efficiency. A practical way of introducing this could be the use of conductive inks for
the conductive portion of the coil, which although it would introduce some loss in the coil it
would allow the mechanical robustness and flexibility of the coil to be improved (303).
Furthermore, to improve stability a greater number of feed-points may be introduced to both
increase the number of meshes and force the desired phase/power at a greater number of points
along the coils. For example, using a power distribution network to feed 4-ports with
0°,90°,180° and 270° phase difference, as in reference (257), to four 3-mesh ladder/transceive

coils for a total of 12 meshes to improve baseline transmit homogeneity as well as stability.

5.7 Conclusion

In this study a novel scheme of ladder network operation using a novel method of quadrature
excitation was explored. After determining that the impact of loading variation on the current
distribution with such a network could be problematic the inclusion of multiple coils/power
distribution feed points, as with transmit arrays, was introduced to mitigate the issue. In the
application investigated here of dual *°F ventilation and *H anatomical lung imaging the
resulting ladder/transceive array was found to provide a more homogeneous field and lower
SAR than a comparable transceive array design, and greater flexibility, transmit efficiency and
receive sensitivity than an elliptical birdcage coil of similar dimensions. In future, this new
class of coil, the ladder/transceive hybrid, should prove to have other applications in MR coil

design.

5.8 Appendix: Explicit Solution for Non-Periodic Linear Ladder Resonator
Applied to 3-Meshes

This section details the explicit equations to solve for ZX and Z¥ for a given mesh current
distribution and directly solves them for the case to a 3-mesh non-periodic resonator. Equation
(5-16) can explicitly as:
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If Re(Z%) = 0 and the additional condition is placed that Re(Z#) = 0, the set of equations for

ZL are found as:
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This set of equations can be rearranged as:
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For a periodic ladder coil this means that the equations for the elements of ZL are self-

L

referential. For a non-periodic coil, where Zy; .r. .

= 0, (5-22) may be used to determine the
values of ZL, which can be put into (5-21) to solve for ZH. For a single excitation point the
condition that Z£*"=0 can be removed, as it does not affect the relative phase or magnitude
difference between meshes. Therefore, for the three-mesh coil of the pair in Figure 5-2b with

known I and Z (here actual values are given) given by:

e i3 224359/ 59-119f —10.6— 78] (5-24)
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Equation (5-23) can be then written as:
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22-213j 59+430; —10-8j (5-27)
Z=Zg+Zc+2Z;)=|59+430] 26-26j —44-199j|Q
-10-8j —44-199j 21-7.0j
and it can be verified that with a single voltage source the resulting current is:
- (5-28)
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Chapter 6: Optimization of steady-state free precession MRI for lung
ventilation imaging with 19 F C3 F8 at 1.5T and 3T*

6.1 Overview

Purpose: To optimize '°F imaging pulse sequences for perfluoropropane (CsFs) gas human

lung ventilation MRI considering intrinsic in-vivo relaxation parameters at both 1.5T and 3T.

Methods: Optimization of the imaging parameters for both 3D spoiled gradient (SPGR) and
steady-state free precession (SSFP) '°F imaging sequences with inhaled 79% C3Fs and 21%
oxygen was performed. Phantom measurements were used to validate simulations of signal-to-
noise (SNR). In-vivo parameter mapping and sequence optimization/comparison was
performed with a healthy adult volunteer. T1 and T-." mapping was performed in-vivo to
optimize sequence parameters for in-vivo lung MRI. The performance of SSFP and SPGR was

then evaluated in-vivo at 1.5T and 3T.

Results: The in-vivo T," of CsFs was shown to be dependent upon lung inflation level
(2.04ms=36% for residual volume and 3.14ms+28% for total lung capacity measured at 3 T),
with lower T,." observed near the susceptibility interfaces of the diaphragm and around
intrapulmonary vessels. Simulation and phantom measurements indicate that a factor of ~2-3
higher SNR can be achieved with SSFP when compared to optimized SPGR. In-vivo lung
imaging showed a 1.7 factor of improvement in SNR achieved at 1.5 T, while the theoretical
improvement at 3T was not demonstrable due to experimental SAR constraints, shorter in-vivo

Ti, and Bo inhomogeneity.

Conclusion: SSFP imaging provides increased SNR in lung ventilation imaging of CsFg
demonstrated at 1.5T with optimized SSFP similar to the SNR that can be obtained at 3T with
optimized SPGR.

4 The work presented in the chapter has been published in the journal Magnetic Resonance in Medicine: A.
Maunder A, Rao M, Robb F, Wild JM. Optimization of steady-state free precession MRI for lung ventilation
imaging with °F C3Fg at 1.5T and 3T Magn Reson Med. 2018; 81(2):1130-1142. All experiments, simulations
and analysis on data were carried and described in the written manuscript by AMM. Manuscript revisions
performed with IMW and AMM.
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6.2 Introduction

MRI of lung ventilation with inhaled inert hyperpolarized (HP) gases has a proven sensitivity
for the assessment of lung ventilation changes in obstructive airways disease (125). MRI with
fluorinated gases (e.g. SFs, C2Fs and CaFs) shows promise as a complementary or alternative
method for lung ventilation imaging, but in contrast to HP gas MRI, does not require additional
polarization equipment (106). Additionally, fluorinated gases may be mixed with oxygen (O5)
and continuously breathed, possibly allowing simpler investigation of dynamic lung
physiology, such as the measurement of fractional ventilation by multi-breath washout (58,
108, 304) without the complication of gas depolarization observed with HP gas. Efforts to
improve the quality of fluorinated gas ventilation images has been ongoing (106, 124-126).
However, obtaining high-resolution ventilation images with fluorinated gases at thermal
equilibrium is challenging because of the low spin density, short T>" and constrained imaging
time (126).

For SPGR imaging with the repetition time TR<<T, and where the acquisition time (T,) is
approximately that of T2" (28, 305), the SNR per-unit-time is nearly constant with TR due to
the competing factors of averaging, T, and longitudinal recovery (305, 306). However, if TR
is of the same order as Ty, the optimization of single-echo SPGR sequences generally requires
minimizing TR so that the rate of longitudinal recovery for each TR is maximized (306). Past
strategies of fluorinated gas imaging have focused on the use of short echo time (TE) SPGR
sequences with TR relatively close to T1, due to the constraints posed by the relatively short T2
of fluorinated gases in the lungs and by the SAR considerations at 3 T; the most common field
strength used for imaging of fluorinated gases to date. For example, TR values of 20 ms (121,
131) for SFe with T1<2 ms (307), and 20 ms (98) or 13 ms (121) for CaFs with T1~12.4 ms
(98). More recently, studies of CsFg imaging have been performed at 1.5T using a 16-element
receive array (123, 308). However, imaging was still performed with Ti~TR=12 ms, and a
frequency encoding gradient readout duration of 7.1 ms, which is significantly longer than the
T2". Therefore, future fluorinated gas imaging can clearly benefit from imaging parameter
optimization as presented here.

In free-gas phantoms CsFg gas has a longer T> (~17 ms (117)) when compared to other
fluorinated gases (~4.2 for SFe (114) and ~5.9 for C2Fs (106)), so improved signal to noise
may potentially be achieved with the use of steady state free precession (SSFP). The
optimization of imaging parameters for SPGR (28) and SSFP (309) *H MRI has been detailed

previously. Also, the optimization of SSFP imaging parameters (310) has been investigated for
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the imaging constraints of HP gas ventilation MRI with both *He and '?°Xe (34). Sequence
optimization for perfluorocarbon emulsions has also been performed previously (311, 312), but
in this instance the T> and T1 relaxation parameters are significantly longer than for gas phase
perfluorocarbons.

In this work we demonstrate the application of SSFP sequences for *°F lung ventilation
imaging using CsFe/O2 gas at 1.5T and 3 T. Optimization of SSFP and SPGR imaging
parameters was carried out by simulation with the specific relaxation parameters of C3Fs/O>
gas as found in phantoms. The additional consideration of k-space filtering (313) from T,"
decay was explored by simulation of the 1D point spread function (PSF) (40). Simulations of
the SSFP signal were performed and compared experimentally to those achievable with a
SPGR sequence. Constraints posed by SAR for in-vivo applications are highlighted and the
relaxation parameters Ty and T." were mapped in-vivo to verify the parameters used in
simulation. Finally, in-vivo lung imaging was performed with both sequences at 1.5T and 3T
in order to test the theoretical/experimental predictions of SNR improvement. This study is to

benchmark optimal imaging parameters.

6.3 Theory
6.3.1 Simulations of SPGR and SSFP Signal for CsFs

The two sequences considered here for 3D lung ventilation imaging with 1°F perfluoropropane
were SPGR and SSFP as described in sections 2.8.2 and 2.8.3. Simulations of M,,, with SSFP
were performed according to Hargreaves et al. (310), with an effective transverse decay rate

term of T, (31). In the simulations presented transverse magnetization (M,,) was evaluated at

TE, which correlates with the center of k-space and thus determines image signal intensity. For
the sake of a fair SSFP and SPGR comparison the spatial resolution, imaging time and y and z
phase encoding steps remained the same. The effects of SSFP signal transient behaviour on the
final SNR were ignored, which was justified by the relatively short T1 and T2 when compared
to TR, resulting in a steady state being reached rapidly.

With HP 3He gas it has been demonstrated that dephasing from the imaging gradients has a
significant effect on the effective transverse relaxation rate (313), while the effect is less
significant when imaging with ?°Xe because of the much lower diffusion coefficient (84).
Calculations with the even lower diffusion coefficient of CsFg (117), with its relatively low T,

indicate that this effect is small when compared to the uncertainty/variability in the T, and
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therefore the effect of diffusion dephasing due to the imaging gradients themselves was
neglected here.

To emulate practical imaging sequence timings, the simulated RF pulse widths were matched
to the measurement values, while T, and T, were selected to be 0.6 ms throughout the

comparison to closely match those used in measurement (see section 2.8.2).

6.3.2 Quantification of T," Decay Induced kx Filtering

Insight into the reduction in image quality due to T, filtering during frequency encoding (kx)
was attained by comparison of the 1D PSF of the different sequences. For SPGR the signal
decays exponentially from the center of the RF excitation pulse with a time constant T,". For
SSFP the signal is modelled as decaying exponentially with time constant T», as well as
decaying symmetrically away from TE with the time constant T, similar to
simulation/measurement performed in reference with a spin-echo sequence (41), as the

transverse magnetism ideally decays similarly in a bSSFP sequence (31) (see Figure 2-6).

6.3.3 Relaxation Parameters of CsFs/O2

For the phantom simulations presented here the T1 and T» of C3Fs gas mixed with 21% O
are assumed to be 17 ms (117). Within the lung the T of fluorinated gases is known to depend
more upon regional differences in partial-pressure (116, 118) of O,. Consequently, the mean
in-vivo Ty has been reported as 12.4 ms at 3T (98). Additionally, the intrinsic T, of CsFs gas
within the lungs has not been reported, but is expected to remain comparable to Ty (117, 118).
Additionally, the mean in-vivo T relaxation constant of CsFs has been reported as ~2.2 ms at
3T (98).

6.4 Materials and Methods

6.4.1 Simulation of Steady-State Magnetization with SSFP

The relation between steady-state magnetization, FA and RF frequency offset from
resonance were simulated with MATLAB considering the particular relaxation parameters of
CsFsg for 3D imaging with a TR of 3.4 ms. Additionally, to assess whether transient oscillations
in the magnetization during initial RF excitations are significant, the transverse magnetization
for successive RF excitations was simulated for different values of TR. Furthermore, to quantify
the expected 1D PSF arising from transverse magnetization decay the PSF was simulated for

varying Tag.
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6.4.2 Validation of Simulated Magnetization with Phantom SNR Measurements

To compare the simulations of signal for CsFs for SSFP vs. SPGR, phantom experiments
were carried out with a 2 L glass cylinder (12 cm diameter, 20 cm length) filled with 79% CzFs
and 21 % O at 1.4 bar pressure. Rectangular (24 cm x16 cm) transceive single loop coils were
constructed from 11 mm width copper strip, tuned and matched at the 1.5T (GE Signa HDx)
(60 MHz) and 3T (Philips Ingenia) (120 MHz) frequencies and centered with the cylinders
during imaging. Prior to the phantom studies at 1.5T and 3T, FA maps were generated by
varying the input power in SPGR imaging with TR 100 ms >> T; and fitting the received signal
according to equation (2-50)), as in reference (257). The prescribed FA recorded in Table 1 for
the imaging performed with the glass phantoms was based on the fitted FA at the center of the
phantom. Furthermore, to ensure that SNR and relaxation parameters were not inaccurately
calculated due to B: inhomogeneity, voxelwise parameter mapping was calculated using the
voxelwise fitted FA map (315) rather than a prescribed mean value.

The assumed Ty and T» relaxation parameters were verified by comparing the variation of
image SNR and simulated steady-state transverse magnetization with RF excitation frequency
offset. The offset frequency was varied from -1/TR to 1/TR (TR=4.6 ms) in steps of 30 Hz with
two FAs (22.5° and 75°) and the SNR was evaluated within a central voxel of the glass cylinder
phantom at 3T. Furthermore, the simulated transverse magnetization of SPGR and SSFP
sequences were compared to measured image SNR with varying FA. The image SNR was
averaged within a 1.2 x 1.2 x 3 cm? voxel with either 3D SSFP or SPGR imaging at 1.5 T.

The restrictions on FA due to regulatory SAR contraints (147), when applying the same
imaging sequence in-vivo with a thoracic vest transceiver coil (230, 257) were also considered
in the SPGR and SSFP SNR vs. FA comparison. The vest transceiver coil is similar in geometry
to the one used here and should have comparable SAR characteristics. For a 1 kW RMS input
power the maximum local 10g averaged SAR was simulated within a realistic human body
model (SIM4LIFE Zurich Med Tech, Duke model (240)) as 125 W/kg, with a 11.8 uT /\kW
transmit efficiency at 60 MHz. The global SAR was calculated conservatively as the input
power to the coil being completely deposited into a 70 kg patient. A constant 500 us hard pulse
width was assumed, while pulse amplitude was varied to match the FA. All simulated FAs
were therefore acheivable with the 4 kW peak power amplifier used in in-vivo imaging at 1.5
T. The specific imaging parameters for these and the in-vivo imaging experiments detailed later

are provided in Table 3-2.
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Table 6-1: Imaging parameters for phantom and in-vivo SSFP and SPGR performance verification with CsFs

Measurement Sequence TE TR BW Matrix size FOv Prescribed  Avg. Tow
(ms) (ms) (£ kHz) (pixels®) (cm?®) FA (°) (us)
15T
Phantom Study
SNR vs. FA 3D SPGR 16 4.3 10 50x50x10 20x20x16 13-91 10 468
SNR vs. FA 3D SSFP 1.6 3.9 10 50x50x10  20x20x16 18-120 10 616
FA mapping 3D SPGR 6.8 100 2.0 52x52x12  24x24x12 9-103 1 1600
T1 mapping 3D SPGR 14 5 125 52x52x12 24x24x12 8.5-52 40 1600
T2" mapping 2D SPGR 15-11 250 31.25 52x52x12 24x24x12 47 2 1600
SNRvs. TR~ 3DSPGR  6.8-0.7 154-32 2-625 52x52x12  24x24x12 66-34 5 1600
SNR vs. TR 3DSSFP  6.8-0.7 154-32 2-625 52x52x12  24x24x12 89.6 5 1600
In-Vivo Comparison
FA mapping 3D SPGR 2.2 35 3.97 32x26x10  40x32x30  27.5/55/82 1 832
T1 mapping 3D SPGR 2.2 5.7 - - - 27.5/55/82 10 856
Optimal SNR 3D SSFP 1.7 4.0 5.21 32x27x18  40x32x36 72 4 616
comparison
Optimal SNR 3D SPGR 1.7 4.0 521 32x27x18 40x32x36 45 4 468
comparison
Ventilation 3D SSFP 1.72 4.0 6.76 40x34x32  40x32x32 72 8 616
Image
3T
Phantom Study
FA mapping 3D SPGR 6.4 100 31 52x52x12 24x24x12 10.6-85 1 1600
T1 mapping 3D SPGR 21 5 22.6 52x52x12 24x24x12 22-82 10 1600
T>" mapping 3D SPGR 1-30 80 45.1 52x52x12 24x24x12 42.5 5 1600
SNRvs. TR 3D SPGR 6.9-1.8 13-4.0 3.1-35.3 52x52x12 24x24x12 57.5-35 5 1600
SNRvs. TR 3D SSFP 7.2-2.1 13-4.0 3.1-32.2 52x52x12 24x24x12 85 5 1600
SNR vs. offset 3D SSFP 2.1 4.6 12.2 50x50x5 20x20x10 22.5/75 10 1600
frequency
In-Vivo Comparison
FA mapping 3D SPGR 1.48* 50 4.3 28x27x12 40x40x24 30/90 2 1350
T1 mapping 3D SPGR - 6.5 4.3 28x27x12 40x40x24 25/37.5/50 5 1350
T2" mapping 3D SPGR 1.0-6.0 7 46.3 32x29x14  40x35x29.3 26 12 1350
Optimal SNR 3D SPGR 1.8 4 9.5 40x32x28 40x32x28 30 4 780
comparison
Optimal SNR 3D SSFP 1.8 4 9.5 40x32x28 40x32x28 30 4 780
comparison
Ventilation 3D SSFP 18 4 9.5 40x32x28 40x32x28 30 8 780
Image
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6.4.3 Phantom Relaxation Parameters

The T2" of CsFs within the glass cylinder phantoms is not representative of in-vivo values
measured in the lung where tissue-airspace field inhomogeneity plays a significant role.
Therefore, a spatially varying T->" inhomogeneity was introduced by placing a paramagnetic
wire in close proximity to the glass canister. At 1.5 T, T>" maps were calculated by varying the
TE in multiple image acquisitions, while fixing the BW, FA and TR, then fitting according to
equation (2-50)). The range of TE available at 1.5T was not high enough to accurately
distinguish between T." values >14 ms. However, at 3 T, T," maps were fit from the signal
decay during multi-echo SPGR imaging (multiple echoes per TR) with TEs up to 30 ms. To
determine that the paramagnetic inhomogeneity did not alter the T relaxation parameter, and
that the in-phantom T1 agreed with previous literature (117), T1 was mapped throughout the
cylinder by varying the FA, with a short TR (5 ms at 3T and 1.5 T) and fitting pixel-wise
according to equation (2-50)) (238).

6.4.4 Simulated and Measured Optimization of SPGR and SSFP Imaging Parameters
To determine the optimal TR for 3D SPGR and SSFP imaging sequences, measurements
were performed at 1.5T and 3T with varying TR. The same FA was used for SSFP imaging
(approximately 90°), while the input RF power was varied with SPGR imaging to maintain the
optimal Ernst FA at the center of the phantom. Three different regions of interest covering a

range of T, values were investigated.

The simulated steady-state transverse magnetization was multiplied by the factor /% to

represent the SNR per-unit-time efficiency due to trade-off between acquisition bandwidth and
averaging. The simulated magnetization and measured SNR were plotted against TR. The
previously acquired FA maps were used to verify that within the representative voxels the
difference in SNR due to potential mismatch in prescribed FA and optimal FA was less than
5%.

6.4.5 In-vivo Relaxation Parameter Mapping

In-vivo lung ventilation imaging was performed in a healthy male adult volunteer (29 years
old) following informed consent and adhering to protocols approved by UK National research
ethics committee. An 8-element in-house constructed transceive array was used for 1.5T °F
and 'H in-vivo imaging (244). An elliptical birdcage coil (Rapid Biomedical, Rimpar,

Germany) was used for °F and H imaging at 3 T. The global FA was measured prior to
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imaging by performing whole-lungs spectroscopy with a varying input power and long TR (268
ms at 1.5T and 200 ms at 3 T) and then fitting the resulting signal according to equation (2-
50)). Saturation of the lungs with the CsFg/O2 mixture was achieved by directing the volunteer
to take three inhalations from a Douglas bag then perform a breath-hold.

To compare the global and regional variation of Ty in-vivo at 1.5T and 3T to that obtained in
phantoms at 3 T, T1 and FA parameter mapping was performed. In the same breath-hold two
3D SPGR imaging sequences were performed with a long TR relative to T: (TR=50 ms at 3T
and TR=35 ms at 1.5 T) and prescribed mean FAs of ~90° FA and ~30° FA (for 1.5T an
additional point of ~ 60° was included). The resulting pixel-wise FA was calculated based on
the signal intensity difference according to equation (2-50)) (316). In a second breath-hold,
three 3D SPGR imaging sequences were performed with TR shorter than T1 (TR=6.5 ms at 3T
and TR=5.7 ms at 1.5 T) and the resulting pixel intensity variation used to fit T1 (317).

In addition, at 3 T, T," mapping was performed to corroborate the presumed values. A multi-
echo SPGR acquisition was made with TE in the range of 1-6 ms in 1 ms steps, and the resulting
images were fit on a voxel by voxel basis. T>* mapping was performed at the two lung volumes

of total lung capacity (TLC) and residual volume (RV).

6.4.6 In-vivo Comparison of SPGR and SSFP Image SNR

At 1.5 T, SNR comparisons were made between a SPGR sequence with an approximately
optimal prescribed FA (~45° with TR=4 ms), and a 3D SSFP imaging sequence with ~70°
FA, which was limited due to SAR constraints. At 3 T, SPGR and SSFP imaging were
performed with nearly identical imaging parameters, since SAR constraints restricted the FA
to 30° with a TR of 4 ms. The direct comparison of SPGR and SSFP sequences at each field
strength was carried out within the same breath-hold to avoid inconsistencies in co-registration
or possible differences in the PFP: air concentration ratio in the lungs that may arise between
breath-holds (20 s at 1.5T and 28 s at 3T plus inter-scan delay of approximately 5 s). Images
were obtained with fully optimized sequences using the same resolution at both 1.5T and 3T
for final comparison. Finally, to accurately compare the imaging methods k-space was filtered
with an identical Hamming filter prior to FFT reconstruction (131). As a final comparison
between the two field strengths, imaging was performed at 1.5T and 3T with the same
resolution (10x10x10 mm?®) TR (4 ms) and 8 averages. To reduce the breath-hold time, 4
averages were obtained in two separate breath-holds to total lung capacity (20 sat 1.5T and 14
s at 3T which included an elliptical shutter).
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6.5 Results

6.5.1 Simulations for Informing Experimental Optimization

Simulation of the CsFg phantom steady state transverse magnetization with a TR = 3.4 ms is
shown in Figure 6-1a, with varying flip angle (FA) and RF excitation offset frequency. Since
T1 is approximated as T1=T. the transverse decay is equal to the longitudinal recovery rate and

the optimal FA remains 90° for the central (0 Hz) offset frequency in all cases (32).
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Figure 6-1: a: Simulated steady state magnetization as a function of FA and offset frequency for TR=3.4 ms b:
Simulated transverse magnetization evolution for successive RF pulses (effective ky/k: filter) for a bSSFP sequence with
CsFes. ¢: The simulated normalized 1D PSF in the ky direction from T," decay for both SSFP and SPGR sequences
with relaxation parameters of CsFs d: The corresponding simulated PSF amplitudes and e: FWHMs of PSFs with
increasing Taq.

The simulated oscillating transverse magnetization during the initial series of excitations is
shown in Figure 6-1b for varying TR. The rapid longitudinal recovery of CsFs means that a
steady-state is reached within a short number of RF pulses for the TRs shown, reducing the
amount of ky & k; filtering to a negligible level when SSFP imaging with CsFg (313). Therefore,
the application of 10 stabilization excitations prior to imaging performed in this study reduced
the variation in magnetization with subsequent RF pulse excitations to less than 10%, even for
a relatively short TR of 3.2 ms.

The simulation of the 1D PSF during frequency encoding readout is shown in Figure 6-1c
for both SPGR and SSFP. The resulting amplitudes of the PSFs for the different sequences is
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also shown in Figure 6-1d, and the FWHM of the PSF in Figure 6-1e. SPGR is deficient in
terms of lower PSF amplitude and increased FWHM when compared to the SSFP PSF as the
T,q is increased. However, if Ty, is kept short relative to the T2" the FWHM remains low and
blurring is minimal. For SPGR and SSFP sequences with CsFs if T,,< 2T2" the FWHM of the

PSF remains comparable.
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Figure 6-2: a: Simulated SSFP transverse magnetization and measured SNR vs. offset frequency at 3T for a central
ROI within the CsFs gas phantom at 3T with TR of 4.3 ms. SNR maps of a central slice are shown (above) as the
offset frequency is varied for both 22.5° and 75° FAs b: Simulated steady state magnetization and measured SNR
at 1.5T in a central ROI of the PFP cylinder with 3D SPGR and SSFP sequences plotted as a function of varying
FA demonstrating the close relation with simulation. Red dotted vertical lines indicate the calculated SAR limits
based on FA if the same sequence were performed in-vivoat 1.5 T.

6.5.2 Simulation Investigation and Validation

Figure 6-2a shows the measured SNR of the SSFP signal at 3T with varying offset excitation
frequency. As expected, the simulated magnetization displays a similar trend vs. offset
frequency when compared to measurement. Central slices are displayed for the varying offset
frequency, demonstrating the introduction of banding artifacts arising from field

inhomogeneity as the excitation frequency is offset from the center. In Figure 6-2b the relation
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between SNR and FA for both SPGR and SSFP sequences is demonstrated at 1.5T for a central
region of interest (ROI) of the phantom. Here, a close relation between SNR and the simulated
steady-state magnetization is demonstrated, further validating the values of the relaxation
parameters used in the simulations. The calculated SAR levels are displayed showing that a
90° FA could be used within 1% level controlled SAR constraints. However, to maintain more
conservative local SAR levels, FA<70° should be used for the specific TR and pulse width

presented in this case.

6.5.3 CsFs Phantom SSFP vs SPGR SNR Comparison

Maps of the FA homogeneity that all subsequent phantom parameter mappings are based
upon are displayed in Figure 6-3a. The T1 map for the phantom at 1.5T and 3T is displayed in
Figure 6-3b, and is in agreement with the range reported in reference (117) at 60 MHz. The Ty
is expected to increase slightly with Larmor frequency (<1 ms larger at 176 MHz vs. 60 MHz
reported in reference(117)). Here, the standard deviation in the measurement was greater than
the expected increase from 1.5T to 3 T. The T1 maps do not show any regional variation with
proximity to the paramagnetic wire. In Figure 6-3c the T," maps for a central slice of the
phantom with the paramagnetic wire added at both 1.5T and 3T. The T2~ map measured at 3T
when the wire is excluded is also shown.

The main comparison of image SNR obtained with SPGR and SSFP sequences is displayed
for varying TR in Figure 6-4a (at 1.5 T) and Figure 6-4b (at 3 T). The central ROIs were chosen
to demonstrate the SNR variation with T," and are displayed on the T>" maps in Figure 6-3c.
As TR is varied the measured SNR remains significantly higher for SSFP when compared to
SPGR. SPGR optimization is highly dependent on T,", with maximal SNR occurring when the
Taq 1S slightly greater than T,".
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Figure 6-3: a: FA maps through a central slice at 1.5T and 3 T. b: T1 maps through a central slice are displayed
with the placement of a paramagnetic wire at 1.5T and 3T. ¢: T2" maps are also displayed for 1.5T and 3T
originating from the placement of the paramagnetic wire. The T," map without the variation from the paramagnetic
wire is shown for 3T as well. ROIs where SNR variation is evaluated as TR is varied and the corresponding T,"
for specific locations are displayed with the T," maps.

The simulated transverse magnetization (normalized for the time available time for
acquisition and averaging) closely matches the measured ROl SNR. However, since the pixel
ROIs include a range of T2"the SNR behaviour with TR does not match exactly. In simulation

the signal was assumed to correspond to the transverse magnetization amplitude at kx=0 (center
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of the frequency encoding gradient), but in fact is also dependent on the PSFs as presented in

Figure 6-1d.
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Figure 6-4: The measured variation (circular markers) of SNR with TR for SSFP (black) or SPGR (blue, green
and red) sequences at a:1.5 T or b: 3T are displayed. For SPGR, labels of A, B and C correspond to the ROIs in

T," maps labelled similarly in Figure 6-3c. Image SNR is normalized by the time for averaging (vTR), while the
simulated transverse magnetization (solid lines) is normalized by the predicted Taq and TR.

6.5.4 In-vivo Parameter Mapping

Mapping of FA is displayed in Figure 6-5a, and the corresponding co-localized T1 map in
Figure 6-5b. The mean Ti is lower than that found in the phantom (Figure 6-3), which is in
agreement with previously reported in-vivo T1 from whole lungs (12.4 ms at 3T (98)). Regional

variation is apparent, with the greatest variation observed at the lung-tissue interfaces.
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Figure 6-5: Maps of a: FA for a prescribed 30° and b: Ty at 1.5 T and 3T, for images acquired at a lung volume
of TLC in a healthy volunteer. Parameter mapping results where the image SNR was < 20 were excluded from
analysis. Maps include the mean and standard deviation of parameters throughout the lungs in the top left corner.

T2 maps are shown in Figure 6-6a and Figure 6-6b for lung inflation levels TLC and RV,
respectively. The in-vivo T2" is systematically less than in the glass cylinder phantoms (average
of 2.04 ms vs. 20 ms in the phantom with undistorted field). The average T," at 3T is in
agreement with previous global measurements for the PFP T" in the lungs (2.2 ms (98)), but
the regional variation and dependence on inflation level is significant. There does not appear
to be a visually observable correlation between regions of varying T>" and T1, while T2" seems
to be lowest in regions near the susceptibility interfaces of the pulmonary blood vessels and at

the inferior portion of lung where perfusion is highest.
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Figure 6-6: Maps of T" in-vivo at 3T for lung volumes of a: RV and b: TLC are displayed with the mean and
standard deviation of parameters throughout the lungs in the top left corner.

6.5.5 In-vivo SNR performance: SSFP vs. SPGR
An average increase in SNR by a factor of 1.7 was found at 1.5T (Figure 6-7a compared to

Figure 6-7b). However, there are some off-resonance bands of high vs. low increases in signal
intensity (Figure 6-7¢) demonstrating the possible impact of field inhomogeneity. At 3T, no
overall increase in SNR was observed with SSFP when performed under the SAR conservative
settings (FA of 30° and TR of 4 ms) when compared to SPGR imaging (Figure 6-7c compared
to Figure 6-7d). The significant regional variation in the SNR increase throughout the lungs

with SSFP sequence vs. SPGR is reflective of the local Bo inhomogeneity.
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Figure 6-7: SNR maps of PFP in the lungs acquired at 1.5T using either a: SPGR or b: SSFP imaging and c: the
relative improvement in SNR with SSFP imaging. Additionally, SNR maps acquired at 3T using d: SPGR or e:
SSFP sequences with f: maps of the relative ratio of SNR of SSFP vs. SPGR imaging.

6.5.6 In-vivo Ventilation Imaging: 1.5T and 3T comparison

SNR maps of the in-vivo ventilation images obtained at 1.5T and 3T are shown in Figure 8.
Through the use of a transceive array and increased SNR with SSFP imaging the mean SNR at
1.5T is higher than that of 3T for the same resolution. The increase in SNR is dominated by the
regions of increased coil sensitivity at the anterior and posterior regions of the lung and much
of the periphery, so the variation is higher at 1.5T as well. Due to B; inhomogeneity in the

anterior of the lung at 3T there is significant signal drop-out.
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Figure 6-8: SNR maps for fully optimized imaging at equal resolution a: with SSFP imaging at 1.5T and an 8-
element array or b: at 3T with SPGR and a quadrature birdcage coil are shown for final 1.5T and 3T comparison.

6.6 Discussion

The close agreement between the simulated and measured SSFP vs. SPGR signals, with both
varying FA and offset frequency, indicates that the expected parameters of T2, T1 and T2" within
the glass phantom are valid. Additionally, the direct measurement of T1 and T." matched the
expected in-phantom values, with measurably smaller mean values of T1 and T." measured in-
vivo. T> was indirectly validated by the close agreement between SSFP simulations and
measurements since measuring T2 with established spin echo sequences was constrained by the
SAR limitations. For short sequence TR, variations in the simulated T, and Ty for CsFs have
minimal influence on the simulated steady-state magnetization, since they are expected to
remain comparable (117). However, lower Ti results in a predicted greater steady-state
magnetization with SPGR. This manifests as a reduction in the relative improvement of SSFP
imaging of CsFg in the lungs when compared to in a CsFg gas phantom, which was observed at
both 1.5T and 3 T. It was also demonstrated that the improved SNR achieved using SSFP when
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compared to SPGR is strongly dependent upon the T." expected in-vivo and the kx filtering
effect of T2 reduces the expected image quality when T2" < Tac.

The in-vivo Tz (317) and T," mapping results add to the data in the literature for CsFs in lungs.
The T: of fluorinated gases has previously been attributed to have a direct correlation with
ventilation-perfusion (118, 318). Consequently, the differences in mean values for T
measured at 1.5T and 3T (Figure 6-5b) may be due to the level of saturation with the C3Fs+O>
mixture. T," correlates with lung inflation/filling level and may be related to alveolar size (319),
which can change in diseases such as emphysema. Therefore, the parameter mapping
techniques followed here may have direct relevance for future study.

Figure 6-2b demonstrates that at 1.5T using the optimal imaging parameters, the conservative
SAR limits (147) are exceeded since the optimal SSFP FA is high due to the near equivalence
of T1and T for the gases used in these experiments. Nevertheless, the sequence when run with
a sub-optimal flip angle of 72° still provides significant SNR gains over SPGR. However, at
the higher field strength of 3T, SAR constraints are expected to further limit the potential
advantage of SSFP for human °F ventilation imaging. A prescribed FA during in-vivo imaging
at 3T of 30° was shown in phantom experiments (Figure 6-2a) to result in nearly the same SNR
with SPGR and SSFP imaging.

There is a likelihood of some off-resonance banding artifacts occurring in routine imaging,
as may be observed near the diaphragm in some of the 1.5T SSFP images in Figure 6-7b and
Figure 6-8a. Even in the geometrically uniform and relatively small cylindrical glass phantoms
banding can be observed at the susceptibility interfaces and as resonant frequency is offset
(Figure 6-2a). Increased Boand RF inhomogeneity, especially with FOVs as large as the human
torso (38-52 cm), increases this likelihood at the higher field strength of 3T. Previously, Bo
mapping within the lungs with inhaled ®He gas at 1.5T and 3T demonstrated a variation in
Larmor frequency at 3T of > 120 Hz across the lungs (320). Therefore, the Bo inhomogeneity
in the lungs makes the application less robust at 3T. Future investigations to test SSFP vs.
SPGR imaging at higher field strengths may show the expected improvement if the same
imaging methods are reproduced in a rat model where SAR limits are not exceeded and FA
and Bo inhomogeneity can be reduced.

The expected SNR gains of using SSFP over SPGR imaging at 1.5T are comparable to the
improvements seen with SPGR when going from 1.5T to the higher field strength of 3 T.
Therefore, equivalent quality human ventilation images may be obtained with the lower field
strength without the same constraints of SAR. Especially, if at 1.5T a multi-channel receive

array is employed as in this work and others (304). The use of a receive array for imaging of
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the thorax/torso may result in further SNR increases in the range of 50 — 100% (250, 268),
with the majority of the increase obtained at the periphery. Therefore, a mean SNR of 15-20
may have been expected at 1.5T by combining the following factors: a measured SNR increase
of 70% by use of SSFP, the approximate linear dependence of SNR with field strength (183),
and the use of a receive array. We note that, at 3T k-space was sampled with the use of an
elliptical shutter where the corners of k-space were not sampled (22% undersampling). Hence,
despite the same nominal resolution of 1.5T and 3T for images in Figure 6-8 the SNR was
slightly enhanced for the 3T images.

Here, the in-vivo imaging at 1.5T was performed with a flexible vest coil (244), which
typically would have a worse transmit homogeneity than rigid volume coils as demonstrated
with direct comparisons with *He hyperpolarized gas imaging at 1.5T in reference (189) (the
variation was 7.3% within lungs with an asymmetric birdcage coil), or in comparisons made
with simulation in Chapter 5. Despite the lower frequency of 1.5T the flexible transceive array
showed lower in-vivo transmit homogeneity during in-vivo imaging, while the transmit
homogeneity with the birdcage coil at 3T was also not ideal (~20% variation). The FA
variation should not affect the in-vivo T." parameter mapping, or the T1 mapping since the co-
localized FA maps were used in the fitting. The in-vivo comparison of SPGR and SSFP
imaging is confounded by the coil related percent variation of FA (22.4% in Figure 6-5a) and
natural variation of T1 (24% in Figure 6-5b) and T." (28% in Figure 6-6b) throughout the lungs.
These three factors lead to the range of variations in improvement with SSFP vs. SPGR shown
in Figure 6-7c and Figure 6-7f, and in future may be investigated further.

Comparison of the in-vivo ventilation image quality obtained here to previous studies is
difficult due to differences in the imaging resolutions used and in the method of reporting and
measuring SNR in images. Often, SNR is reported within a ROl with the highest signal. Further
complicating the comparison, the longer T, employed in previous studies results in broadened
PSF as simulated in Figure 1(d-e), which imparts a higher image SNR whilst degrading image
quality due to blurring (40), and may be additionally modified by filtering during post-
processing (98). Additionally, different studies have used different RF transmit/receive coils
that may contribute to more than a factor of 3 in SNR variation. Nonetheless, in our study the
measured SNR of 13.1+5.7 throughout the lungs at 1.5T (8-element transceive array with
image resolution of 10x10x10 mm? and T,q = 3.3 ms) is equivalent to the SNR of ~30
reported by Gutberlet et al. (123) (transmit birdcage and 16-element receive array with image
resolution of 7.8x7.8x20 mm? and Taq = 7.1 ms). At 3T, the SNR achieved in our study of

148



11.6+3.2 throughout the lungs (elliptical birdcage coil with image resolution of 10x10x10 mm?®
and T,, = 2.1 ms) is also comparable to 3216 in a chosen central region reported by Couch
et al. (131) with a transceive vest coil and image resolution of 7.1x7.1x22 mm? and Toq =
7.1 ms with half-fourier echo. Although the in-plane resolution reported here at 3T is lower,
visual comparison of the images in Figure 8 with those in (12) show more clearly defined edges
and features, similar to those obtained by Halaweish et al. (121) at 3T, which did not report
SNR values (with transceiver vest coil and image resolution of 6.25x6.25x15 mm? and Toq =
7.7 ms).

The benefits shown here for SSFP of CsFg are less applicable to the other common fluorinated
gases of SFs or C2Fs because of their shorter T1 and T» values. Therefore, the use of CsFgover
other fluorinated gases has an increased benefit in terms of SNR achieved with SSFP and longer
T2". Consequently, the use of ultrashort echo time (UTE) sequences for SFs or C2F is logical
(98), while not providing as dramatic an improvement for °F lung imaging with CsFs since T,"
is greater than gradient encoding and RF pulse times that may be used. Additionally, T,"
filtering in UTE SPGR imaging with fluorinated gases in 3D radial or 1D Cartesian UTE (131)

is another concern somewhat circumvented by the use of CsFs with short TR SPGR or SSFP.

6.7 Conclusion

With optimized SSFP images we have demonstrated improved lung ventilation images with
19F C3Fs gas at 1.5T. We believe the image quality shown here to be equivalent or superior to
images published previously at 1.5T or 3T and this work bodes well for the emergence of °F
gas MRI as a complementary modality to ?®*Xe or *He MRI for directly imaging lung

ventilation. However, benefits of SSFP at 3T are less clear.
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Chapter 7: Application of Sparse Incoherent Undersampling for CsFs
Lung Ventilation Imaging: Investigation of Reconstruction and
Sampling Methods®

7.1 Overview

Purpose: To investigate the use of compressed sensing (CS) via sparse sampling and
different reconstruction methods for *°F perfluoropropane (CsFs) gas human lung ventilation
MRI to best reproduce the spatial-information obtained with high-resolution hyperpolarized
(HP) gas imaging.

Methods: Retrospective simulation was performed using a *He lung MRI ventilation dataset
with different sampling, reconstruction and image parameters: sampling pattern sparsity,
nominal imaging resolutions, reconstruction method, and levels of noise. To determine the
applicability of sparse sampling towards '°F CsFg ventilation imaging a 3D printed phantom
was designed based on the He dataset for in-vitro image optimization experiments with a fully
sampled '°F image of equal resolution to the 3He image, which would not be feasible with in-
vivo imaging. For validation of the simulation method, acquired data is compared to simulated.
Sparse sampling was then applied in experiments with in-vivo °F imaging using receiver
arrays.

Results: The SNR level and AF was found to change the optimum reconstruction parameters
promoting the idea that a parameter free reconstruction method of the sparse data for '°F
imaging may be beneficial. Sparse sampling with AFs higher than 2 were found to be less
beneficial than performing conventional lower resolution imaging. Overall, *°F imaging with
lower resolution was found to result in unrecoverable loss of detail in ventilation imaging.

Conclusion: Some degree of undersampling was observed to be beneficial for image quality
with the SNR limited method of fluorinated gas ventilation imaging. The comparison of
sampling and reconstruction strategies and experimental results described here may also be
applicable to HP gas imaging where image resolution or sampling time is reduced when
compared to ventilation imaging, such as with dissolved phase '?°Xe imaging or the

measurement of the ADC.

5 All experiments, simulations and analysis on data were carried and described in the written manuscript by
AMM. Manuscript revisions performed with GC, IMW and AMM. Code to perform reconstructions with NLCG
was developed my Michal Lustig and modified in its usable form by GC.
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7.2 Introduction

Fluorinated gas (*°F) MRI is a promising method for the assessment of lung ventilation in
obstructive lung diseases (121, 126). Fluorinated gas ventilation imaging provides direct
functional information of lung physiology and can be mixed with oxygen for safe continuous
breathing. Also, fluorinated gas imaging does not require specialized hyperpolarization (HP)
equipment as with 12Xe and 3He ventilation imaging. However, the substantially weaker MR
signal with TP when compared to HP gas MRI (124) has so far necessitated the acquisition of
much lower resolution images for sufficient signal-to-noise ratio.

With HP gas lung imaging, CS has been used to reduce acquisition time whilst maintaining
most of the imaging quality (33). This has been critical in current applications that involve for
instance the acquisition of both anatomical *H and HP ventilation images within the same
breath-hold (321) or in diffusion weighted acquisitions which require multiple b-value
interleaves of a 3D data-set (85, 139). The CS method is especially beneficial for ventilation
imaging since the images are naturally sparse in the wavelet and/or image domain (322). As
such, the comparison of fully sampled images and those obtained with CS can have low error
(323).

Previously, it has been shown that in the presence of low SNR, CS may also improve the
effective resolution with improved effective SNR for better quality diagnostic proton images
(324). Here we investigate under what conditions the application of CS may be advantageous
in °F lung MRI with the motivation of narrowing the gap in '°F ventilation imaging quality
compared to routinely obtained HP 1?°Xe/®He ventilation images, despite the lower inherent
SNR(325). This goal is in contrast to typical motivations for using CS or parallel imaging
which are generally geared towards increasing temporal resolution (326), reducing motion
artefacts (327-329) and reducing SAR (330) .

In addition to the numerous techniques of image acceleration via parallel imaging with
multiple receiver coils (42, 45), there are a large, and ever increasing, number of algorithms
for reconstructing k-space data that is acquired via sparse incoherent semi-random sampling of
k-space. These include, but are not limited to: various method based on NLCG algorithms (48),
iterative soft thresholding (IST) (331), other linear algebraic methods based on thresholding
coefficients (332), and generalized hybrid methods of parallel imaging and Li-minimization
with incoherent undersampling (49, 333) and auto calibrating of the reconstruction parameters
(334). In the limited number of comparisons of various algorithms to date, no single algorithm

has been found to perform best in all cases (335, 336).
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Furthermore, the reconstruction algorithm, method of quantifying reconstruction accuracy,
sparsifying domain, sampling method/pattern employed, and the imaging object/application of
CS vary significantly in the literature, so that direct comparison is challenging (in reference
(337) which reviewed 18 relevant clinical studies of CS, out of a potential 269 considered, the
listed variables were not compatible between the different studies). Therefore, it is unlikely
that all the algorithms developed, or even a significant proportion of them, have or will be
systematically compared.

For the reconstruction of undersampled k-space in MRI the optimization of weighting
parameters for different algorithms requires comparison of the reconstructed image to that of a
fully sampled dataset with specific indices, such as the root mean square error (RMSE) or
structure similarity index (338, 339). However, as noted in reference (51), often “values of the
regularization parameters are simply quoted, or perhaps the issue is simply omitted”. In
addition, algorithms have been developed that avoid the use of weighting parameters (331), or
use prior knowledge or information from the images being acquired to calibrate the
weighting/reconstruction (334, 339). Therefore, the work presented in this chapter aims to
investigate the optimization of weighting parameters for different levels of SNR and sampling
resolutions and patterns for the specific application of *°F lung ventilation MRI. For the case
of fluorinated gas imaging, where a fully sampled high-resolution image may not be obtained
in the time course of a breath-hold, determination of the optimal weighting parameters is
difficult and an algorithm that doesn’t require weighting parameters may be beneficial.
Consequently, an algorithm was developed here that uses thresholded coefficients from the
wavelet and/or image domain to calculate the transform point spread function (TPSF) and
remove the interference produced due to the sparse sampling of k-space. The performance of
this algorithm is compared to the NLCG algorithm (48), which has previously been employed
for numerous studies involving HP lung and lung related imaging (33, 87, 139, 322, 323, 340)
and is therefore the most applicable for direct comparison to the state-of-the-art. The stability
of the optimal regularization parameters to the SNR in ventilation imaging and nominal
resolution is evaluated for the commonly employed NLCG algorithm. Additionally, the
response of the newly developed algorithm under similar conditions is compared.

Without comparing *°F lung ventilation images of similar resolution to those obtained with
HP gas it is not possible to determine if fluorinated gas imaging can provide a clinically useful
and potentially cheaper alternative. Previously, 3D printed anatomical phantoms of the lung
(341) heart (342), breast, brain (343) etc. have been developed for rapid evaluation of MR

techniques and methods that could not be practically or safely studied through in-vivo study.
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In these models it is desirable to reproduce the structural and MR parameters as closely as
possible, to enable valid comparisons with expected in-vivo results. Hence, we also present a
3D printed lung phantom based on a lung ventilation scan acquired from *He MRI used to
explore the limits of fluorinated gas MR in terms of spatial resolution and SNR. With a lung
model containing suitable spatial structure we aimed to compare the lower-resolution imaging
obtainable in-vivo with *°F ventilation imaging to higher-resolution imaging typically obtained
with HP gas imaging, but not practically achieved in-vivo with F MRI due to constraints of
in-vivo scanning time. The 3D printed phantom allowed prospective investigation of sparse
sampling for '°F with comparison to a fully-sampled dataset.

The investigation into sparse sampling for ventilation imaging taken here differs from
previous works in a number of ways. First, in previous scanning the AF and resolution is
usually predetermined for the desired number of scans required for a set-imaging time, while
here the resolution and AF are not known ahead of time and are being chosen based on what
results in the best image for a given imaging time based on limited SNR. Second, since a fully-
sampled high-resolution in-vivo data-set isn’t obtainable for the CsFg ventilation imaging
different approaches to finding the optimal reconstruction had to be investigated here so the
following steps were taken: a different reconstruction method was tested, retrospective
sampling with a HP dataset was used, prospective sampling with a lung phantom was attempted
and also prospective in-vivo imaging was performed attempting to use the visual comparison
of the reconstructed images to determine the optimal weighting. Finally, for in-vivo CsFg
ventilation imaging the reconstruction algorithm was performed with multi-element arrays
rather than a single transceive element, though coil sensitivity was not used explicitly in the

reconstruction method.

7.3 Theory

7.3.1 SNR difference in HP gas and TP Fluorinated Gas MRI

As this study is based on the evaluation of CS in ventilation imaging with fluorinated gas,
the SNR that may be expected with °F MRI when compared to the more established
experimental evidence base of HP gas imaging experiments is required as a theoretical starting
point. Therefore, Equations 2.35-2.39 in Chapter 2 are used to evaluate the relative SNR

difference between HP and thermal equilibrium imaging with CsFs here.
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7.3.2 SNR-Resolution Relation for 3D imaging

There are fundamental differences between fluorinated and HP gas imaging contrast due to
dissimilar MR relaxation parameters and imaging methods. In addition, the density of
fluorinated gas in the lungs can be artificially enhanced to high levels because it has negligible
anaesthetic effects and its T: relaxation time is reduced by mixing with oxygen in the lungs
allowing more rapid recovery of longitudinal magnetization after excitation. In reference (117)
it is shown that for CsFg gas mixed with O the T1 varies from 6ms-20ms for a concentration
of 0-100% CsFs (at 60 MHz, 0.94 atm and 22°C). Thus the lungs can be saturated with °F gas
before image acquisition, whilst the concentration of HP gases used is generally lower (because
the signal is higher) and thus the regional distribution of gaseous tracer in the lungs may have
a greater dependence on breathing pattern, and collateral and fractional ventilation (123, 344).
However, for the purpose of performing retrospective analysis with a HP gas image dataset it
is assumed that fluorinated and HP ventilation images contain fundamentally the same spatial
information. Therefore, the dominant factor considered in simulation is the lower SNR of
fluorinated gas compared to HP gas imaging, necessitating lower resolution imaging. The
SNR-resolution relation in TP 3D imaging, assuming constant; FA, TR, TE, and Ty, is (345):

FOVxFOVyFOVZ (7-1)
3/2°s
(foprsz

where FOV, ,, , is the field of view in the x, y, z direction, N,,,, and N,,, are the number of phase

SNR «

encoding points, N, is the number of frequency encoding points and Ty is the imaging time.
In the work presented here this conversion is used in comparing the level of SNR for different
resolutions and AFs to that of a fully-sampled dataset matching the typical resolution of a HP

gas ventilation image.

7.3.3  Algorithm for Threshold Based Cancellation of Incoherent Interference

The NLCG method (detailed in section 2.8.8) is robust and has been applied previously for
ventilation imaging (85, 139, 322), and in other MRI applications (51, 338). However, for the
purpose of TP fluorinated gas imaging there are a number of obstacles to its use. For the
optimization of Ax ¢, and Ay, , a fully sampled data-set must be acquired, which is not possible
in-vivo for the desired resolution investigated here due to the inherently low spin density and
hence low SNR of fluorinated gas imaging. Also, the optimal weighting parameters may
change as lung physiology (and hence the regional appearance of the image) changes with

diseased vs. healthy lungs, or SNR changes (such as during wash-out/wash-in imaging) as such
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a reconstruction method with no free parameters may be preferred (331, 334). Therefore, in
this work a new reconstruction method is developed and presented that may be less sensitive
to differences in image structure/variation.

The proposed method is part of the IST framework, which uses the reconstructed data as the
best approximation available to calculate and remove the interference caused by undersampling
k-space. A basic example of this is used as an illustration in reference (48), forms part of the
theoretical basis for the method in references (332) and is similar to the method employed in
reference (346). The theoretical basis for this method relies on the following principles:

(i) The incoherent noise introduced by undersampling can be estimated using the
reconstructed data

(i) Only a limited number of coefficients have sufficient SNR to contribute to the
approximation

(iii) The best estimation for removing the interference results in the highest sparsity,
while maintaining data consistency

The algorithm attempts to maximize the sparsity of the data in some domain. This can be
compared to the method proposed in reference (346), which uses the image entropy as the focus
criterion, since incoherent noise produced by undersampling increases the entropy. The

objective function the algorithm attempts to minimize is quantified by:

_ 1% = i3 [xmxll,  Ilpryxlly (7-2)
AF X Npx X Nyy X Nz X0 [ pmXar ||, vzl

where the subscript zf denotes the quantity derived when the unsampled k-space data is zero-

filled and additional variables are described in Chapter 2 with the NCGD algorithm. The L1

g(lefmx)

: o x| i . .
norms in the sparsifying domain, X0 and total variation domain, M, quantify
[¥xrmazsll, lwrvazsl,
L . . Fux—yl13 . .
the level of sparsity in those domains, while 1Pyl > IS a normalization of the data
AFXN £xXNpyXNpz X0},

consistency in the k-space domain. The change in the sampled k-space data is normalized by
the total variation considering the standard deviation of noise in the sampled k-space points
and 3D matrix size (AF X Ngy X Np, X Np, X a?), while the L1 norms of the sparsifying
domain and TV domain are normalized by the reconstruction obtained from the zero-filled k-
space. Equation (7-2) is used as the minimization criteria for all steps of the algorithm.

A detailed algorithm flow chart and visual representation of the proposed method is provided
in Figure 7-1. Figure 7-1a demonstrates that ventilation images are potentially sparse in both

the image and wavelet domain, so that information from both is combined in the reconstruction
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algorithm as described in Figure 7-1b. Steps 1-5 describe the acquisition and reconstruction of
the zero-filled k-space and initial calculation of the L1 norms. Step 1 shows an example
sampling pattern, which is smaller in the k; phase encoding direction due to the typically
reduced FOV and resolution in the anterior-posterior direction for lung ventilation imaging. In
step 6, a fraction of the highest value coefficients is used to calculate the interference caused
by the sampling pattern with:

h(WxrmX) = YxrmXrec — UxpmFuF Wi fmThi (Wx rmXrec) (7-3)
where x,... IS the current best estimate of the un-aliased image and T h; denotes the thresholding
operation for the fraction of coefficients up to the value of 0 < i < 1. Instep 7, a fraction (1/
niter) OF the calculated interference is subtracted and the current best estimate of the data,
YxrmXrec, 1S Updated. Afterwards, the same process is repeated with a slightly increased
number of coefficients of the domain representation (i =i+ di,0 < di); this process is

performed nier. The same procedure is repeated for increasing values di = di + Adi until
I(Wxrmxreclai) < 9(WxrmXreclaivaai)- In Step 8, Yy rmXrec is repeatedly used to estimate
equation (7-3), and then update it With Yy rmXrec = WxrmXzr — h(Pxrmx), until the updated
g(l/)Xfmxrec) is greater than the previous. Steps 6-8 are then repeated with i = i + Ai, until
I(WxrmXrecli) < 9(WxrmXreclivai)-

Since this method obtains reconstructions from both the wavelet ([x,eclwave) and image

([xreclimg) representations of the data, with noticeable differences in both, the final image is a

alxreclwavetBlxreclimg
a+pf

weighted average, X,.. = , Where the function g(YwaveXrec)la+p=1

g(lpimgxrec)]a+ﬁ=1 is minimized.

7.4 Methods

7.4.1 Sampling Patterns

The following method of sparsely sampling phase-encoding (ky and k;) lines in MRI has
been employed in previous research (85, 322). The 2D phase encoding sampling pattern
follows a probability distribution function (PDF) with full sampling of the Cartesian grid within

a given fully sampled radius (r,) around the centre of k-space and a sampling probability
density that scales according to a power (p,) with distance away from the centre outside that
radius (322). For every choice of p, and r, many potential patterns are evaluated, and the

pattern that produces the smallest side-lobes in the TPSF is used. In retrospective analysis,
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variations of 7, and p,, were performed to determine the impact of both of these parameters on
reconstruction accuracy. Additionally, with a single value of p, many patterns with varying
values of 7, different AFs and nominal resolutions were compared. Figure 7-2 shows the

different ky/k, phase encoding sampling patterns evaluated in simulation. The imaging FOV is
assumed to remain the same in all cases. The highest imaging resolution investigated matches
the one currently employed in our group with *2°Xe HP gas 3D SSFP ventilation imaging (142),

and is that of the fully-sampled dataset used for retrospective analysis.
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Figure 7-1: a: Diagram demonstrating the relative sparsity of coefficients in image domain and wavelet domain
for lung ventilation imaging. b: The algorithm followed for reconstructing sparsely sampled data to remove noise
from incoherent sampling.
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7.4.2 Reconstruction Accuracy Metrics

The quality of the reconstructed images was compared
using the normalized root mean square error (RMSE)
calculated as where x;; and z;; are the pixel values of:

RMSE = (7-4)

the fully and under sampled images, respectively. In the
analysis the image is masked so that regions outside of
the lung are set to zero (x;;=0 and z;;=0 outside of the
lung). In retrospective analysis the mask is created from
thresholding the fully sampled image, while in
prospective analysis the mask is created by thresholding
the filtered zero-filled image.

SNR was evaluated by determining a region of
interest containing no signal (just noise) and evaluating
the standard deviation of pixel intensity. Images were
then scaled in SNR units by dividing by the standard
deviation of the noise. For sparsely sampled data the
same procedure was carried out using the zero-filled
data where no visible undersampling based aliasing
appeared, and the reconstructed data was scaled
according to the standard deviation of noise found in
this region. Regions where undersampling did not occur
were found manually, and chiefly included the corners
of the outermost slices. For data acquired with coil
arrays, data from each element was scaled to SNR units
so that the sum-of-squares reconstruction was also in
SNR units. For reporting the SNR of image datasets the
mean of the entire masked lung volume is quoted.

The coefficient of variation (CoV) has been shown to
change in the presence of respiratory pathology, and

with lung inflation level, and been used as a marker of
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Figure 7-1: Sampling patterns that are compared for
reconstruction accuracy with different levels of SNR.
Crucial parameters that are varied include r,,, AF and

nominal resolution (N¢, X Ny, X N,).



ventilation heterogeneity (347). It is also an important parameter for characterizing the level of
edge definition and detail in an image. Since regions of low CoV are both less crucial for image
quality and more likely to be well represented as image resolution decreases reconstruction
accuracy is compared in three binned levels of CoV of the original fully-sampled image: low
CoV, medium CoV and high CoV.

The CoV of signal intensity was within 3x3 in-plane kernels, calculated as:

o -
CoV =~ (75)

u
where o is the standard deviation and u is the mean. Binned CoV maps were derived from the

images where CoV was between 0.15<0.35 (described as medium CoV) and >0.35 (described
as High CoV). RMSE was compared for regions of interest (ROIs) where CoV was high in
order to investigate the reproduction of structural detail in the images.

7.4.3 Retrospective Simulation from Fully Sampled Dataset

Using a flexible transmit/receive vest coil (CMRS, Brookfield, Wisconsin, USA) on a 1.5T
GE Signa HDx scanner, a 3D ®He ventilation image with the desired imaging resolution was
obtained as a ground truth data set (150ml ®He, 3D steady-state free precession, BW = +43
KHz, FA = 15°, TE = 0.8 ms, TR = 2.0 ms, 100x82x24 matrix, 4x4x10 mm? resolution).
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Figure 7-3: Demonstration of the method used here to convert a: a *He ventilation image to derive b: a 3D
volumetric surface by median filtering the image, then thresholding the image to exclude noise to create c: a 3D
shell of the lungs.

744 Design of 3D Lung Phantom for Prospective Measurement of Sparse
Reconstruction Accuracy

Using the ®He imaging dataset obtained for a retrospective analysis a 3D lung phantom was
produced. The lung phantom was constructed in order to:
e provide a repeatable test object to allow for prospective sparse imaging,
o validate simulated predictions with experiment,
e allow the acquisition of a fully-sampled image acquired with!°F imaging of sufficient
quality to perform retrospective simulation.
To design the 3D lung phantom a 3D volumetric surface was derived by median filtering of
the 3He image, then excluding voxels in the model with neighboring voxels of intensity greater
than the threshold of noise. This process is outlined in Figure 7-3. The shell was printed with
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a Dimension SST 1200 es™ 3D printer using a substrate polymer (ABS) with MRI compatible
EM properties. Then, 4 mm tubing was inserted in the lung model airspaces to represent small

vessels/arteries and defects that may be observed in diseased lungs.

Figure 7-4: (a) Simulation model of parallel driven quadrature coil with 3D lung model, (b) and printing of
phantom with Dimension SST 1200 es™ 3D printer using a substrate polymer (ABS with &, = 2.6 - 2.86,
Dissipation factor = 0.0048 - 0.0054) and sacrificial support material. (¢) Manufactured 3D lung phantom.

In order to image the lung phantom a homemade °F coil with two sets of parallel coils driven
in quadrature was designed and built for homogenous excitation and reception. The coil
simulation model is shown in Figure 7-4 with the constructed 3D printed lung model.For
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imaging the 3D printed lungs were filled with 79% CsFg and 21% O then a fully-sampled
dataset was obtained with the following parameters: 3D SPGR, TE =2.95 ms, TR = 6 ms, BW
= +9.6 KHz, FA = 60°, 100x82x24, 4x4x10 mm? resolution and 120 averages for a resulting
23:40 minutes of imaging. With the same imaging parameters, but 80 averages, sparsely
sampled data was acquired for AF=6 (2:37 minutes), AF=4 (3:56 minutes) and AF=2 (7:52
minutes). The resulting images were compared to the fully sampled dataset and to retrospective
simulations performed with the fully-sampled data. A °F image was also acquired with half
the spatial resolution in all three Cartesian dimensions, half the acquisition bandwidth and half
the averages. The k-space data of low-resolution images were zero-filled to the equivalent

dimensions as the k-space data of the high-resolution images.

7.4.5 Parameter Optimization with Added Noise

In retrospective analysis, Gaussian noise was added to the complex raw data of images with
a standard deviation (o) to simulate the acquisition of images with lower SNR. Also, to emulate
lower resolution imaging the points that are not sampled in k-space are removed and Gaussian

noise is added to the remaining data with a standard deviation g, which is

reduced due to the lower BW required to maintain the same acquisition time and increased
number of averages available for the same imaging time. The reconstruction accuracy of
images with varying levels of SNR was compared to the fully sampled image with equation

(7-4), using only pixels in the original image with SNR>8.

7.4.6 In-vivo Experiments with Sparse Sampling

In-vivo imaging with 4 healthy volunteers was performed to explore the imaging quality with
F CsFs ventilation imaging using sparse sampling compared to using standard lower
resolution imaging. Experiments were carried out with the use of a single element transceive
coil, an 8-element transceive array and the same 8-element transceive array with an additional
6 receive-only loops included (total of 14 receive elements). Images were reconstructed from
each element separately, since the level of sparsity in the image domain should be greatly
reduced for each, and then a sum of squares combination was used to combine the images.

In the measurements with the custom built '°F vest coil (257), 40 averages were obtained
over twenty 4-second breath-holds in an attempt to increase the image SNR to the point that
sparse sampling could be applied successfully. The resulting image was compared qualitatively
to a *He dataset acquired with the same volunteer. In imaging performed with the arrays, the
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data from two breath-holds were averaged. Each breath-hold was approximately 17-19 second
and for the “low-resolution” images 4 averages were obtained each time, while for the sparsely

sample data 8 averages were obtained. The imaging parameters are listed in Table 7-1.

Table 7-1: Imaging parameters used in in-vivo experiments with 1°F 3D SSFP ventilation imaging with FOV of
3
40x32x24cm (1, = 0.25 and p,, = 4 for the sampling pattern used).

TE | TR | BW |[Resolution| fully-sampled | AF | Target | Avg.
(ms) | (ms) |(xKHz) (mm3) Encoding Steps FA (°)
(NxXN,XN,)
V1 - Volume Transceive Coil
14 | 35 ] 12 | 8x4x10 | 50x82x24 | 4 | 62 [ 40
V2 — 8-element Transceive Coil
1.7 4 6.76 | 10x10x10 40x34x24 1 72 8

2.3 5 6.58 8x4x10 50x82x24 4 72 16
V3 — 14-element Transceive Coi
1.9 5 5.95 | 10x10x10 40x34x24 1 72 8
1.9 5 8.06 8x4x10 50x82x24 4 72 16
V4 — 14-element Transceive Coi
1.9 5 5.95 | 10x10x10 40x34x24 1 72 8
1.9 5 8.06 8x4x10 50x82x24 4 72 16

7.5 Results

7.5.1 RMSE comparison with Retrospective Simulation from 3He In-vivo and °F
Phantom Data

Histograms of the CoV for the ®He ventilation dataset and the '°F 3D phantom data set are
displayed in Figure 7-5a. The tubing was found to introduce additional variation as might be
expected from volume defects; potentially from masses or from unfilled airways in diseased
lungs. This is desirable since the experiments performed are focused on the ability to
reconstruct high variation areas of the lungs, which may be more prevalent in diseased lungs
(57). Figure 7-5b shows masks of the regions of low CoV (white background), medium CoV
(green) and high variation (red).
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Figure 7-5: a: Histograms of CoV in 3He ventilation lung image and *°F image of the 3D phantom derived from
the 3He dataset. The low resolution image of *°F phantom imaging is found by reducing the resolution by half in
each spatial dimension for the original high-resolution image. b: Representative slices of 3D *He b-SSFP and 3D
F SPGR images used as a basis for retrospective simulation and optimization of CS sampling patterns.

For the NCGD algorithm the variation of the optimal weighting parameters with different
levels of SNR is demonstrated in Figure 7-6. Naturally, the RMSE of the reconstruction is
higher with lower SNR. Also, as the SNR is lowered a higher weighting for sparsity of the TV
is optimal, which results in greater smoothing. This example demonstrates the need to optimize
the weighting parameters for consideration of SNR, as well as for different nominal resolution,

AF and sparse sampling patterns.
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Figure 7-6: Retrospective simulation of the variation of RMSE with the TV and Xfm weighting parameters from
reconstructed undersampled data with the NCGD algorithm when a: SNR=24, and b: SNR=4. The sparse sampling
parameters are AF=3, r,=0.2, p,=3.

The variation of the RMSE with AF and SNR using the NCGD algorithm for retrospective
simulation with the ®He dataset (nominal resolution of 82x100x24) is shown in Figure 7-7. As
shown in Figure 7-2, simulation with four different values of T, Were performed for every AF.
The effect of different values of 7, on the reconstruction accuracy is shown with the use of
error bars; the difference in minimum and maximum RMSE with the same AF, but different
r,, are shown as the lower and upper edges of the error bars. The resulting difference in the
RMSE with varying 7, is found to be small relative to the influence of SNR and AF. As
expected, with higher SNR more accurate reconstruction is obtained with lower AFs. Also, the
RMSE is higher for higher CoV as AF increases. However, for low SNR the RMSE becomes
mostly invariant with AF, and this range of SNR corresponds with the range expected for '°F
ventilation imaging (an SNR range of 0.4-4 considering an SNR of 20 was achieved with the
fully sampled 3He image). The results presented in Figure 7-7 contextualize the impact of AF,
SNR and sampling pattern have on the quality of image reconstruction with varying levels of
CoV. Based on this in future results the RMSE is either shown as the total from all binned
values of CoV, or just for the region of medium CoV, since the conclusions derived for

optimization are mostly the same.
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Figure 7-7: Retrospective simulation of the variation of RMSE with SNR for sparsely sampled data with varying
AFs for regions of a: low CoV, b: medium CoV and c: high CoV. Error bars indicate the range of RMSE found
with different sampling patterns. Based on the known approximate value of SNR for 12°Xe imaging, and the 3He
image used in this analysis, the range of expected *°F image SNR for a fully-sampled image is displayed.

Figure 7-8 provides a comprehensive summary of the results reconstructed RMSE from
retrospective analysis of the *He dataset with varying SNR and AF, similar to Figure 7-7, but
including variation of the nominal imaging resolution. In the Figure 7-8 it can be observed that
there is a nominal imaging resolution and AF that results in minimal RMSE for each level of
SNR. For a given SNR and for each CoV region the nominal imaging resolution and AF

167



resulting in the smallest RMSE is surrounded with a green border. For each pixel only the
sampling pattern with 7, resulting in the smallest RMSE is considered, however from Figure

7-7 it was found that the difference was marginal.
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Figure 7-8: Results of retrospective simulation with *He ventilation image for varying SNR, nominal resolution
and AF with the NCGD algorithm. The resulting RMSE of the reconstructed image is shown for the binned region
of highest CoV. The result with minimal RMSE for varying r, is shown in each pixel, while a constant p,=3 is

used. Green boxes surround pixels that correspond to the nominal resolution and AF that results in the lowest
RMSE for a given SNR.

Based on the results from Figure 7-7 and Figure 7-8 it can be inferred that the optimization
of the nominal resolution and AF for imaging may be specified for each SNR value. Thus,
Figure 7-9 provides line plots detailing the minimal RMSE achieved during retrospective
reconstruction using the NCGD (Figure 7-9a) and IST (Figure 7-9b) algorithm and the 3He
image dataset, as well as with the 3D *°F phantom (Figure 7-9c) using the NCGD algorithm.
The minimum RMSE achieved with the IST or NCGD algorithm is also shown side-by-side in
Figure 7-9d demonstrating the difference in reconstruction success.

From this, the optimal nominal imaging resolution and AF for sparse sampling to best
reproduce the gold-standard/ground truth imaging resolution may be inferred. For all variations
it appears that AFs greater than 2 have reduced image quality as measured by the RMSE, and
that instead a reduction in nominal imaging resolution is more effective as SNR decreases.
Also, it appears that a reduction in the Np; resolution results in a greater decrease in the RMSE
compared to reduction in the N or Npy resolution, for the *He image data set. For the 1°F
phantom images this was found as well, but to a lesser amount as in some cases a nominal
resolution of 15 mm resulted in the lowest RMSE (Np,=18). This is likely because the Ny,
dimension is already the lowest resolution dimension in the analysis performed here for the
fully-sampled case (10mm vs. 4 mm for the N and Npy encoding resolution).

Figure 7-9 shows the comparison of RMSE and SNR variation as in Figure 7-8, but instead

using the IST algorithm for reconstruction. It is observed that generally the IST algorithm
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provides a less consistent reconstruction than the NCGD algorithm, with RMSE increasing to
larger values as SNR decreases, furthermore the image coefficients have less predictive power
for the incoherent noise introduced by sparse sampling. For AFs greater than 2, the difference
is more pronounced, while for an AF of 2 they perform nearly on par. However, from Figure
7-6 it is observed that the minimal RMSE of the NCGD algorithm can vary greatly if the
weighting parameters are not optimal, while the IST algorithm has no weighting parameters.
The comparison of the minimal RMSE achieved with different levels of SNR for the two
reconstruction methods is shown in Figure 7-9b, where it is observed that unless the baseline

fully sampled SNR < 2, the difference in minimal RMSE is small between the two methods.
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Figure 7-9: Retrospective simulations performed with 3He ventilation imaging k-space demonstrating the change
in RMSE in the medium CoV regions as SNR, nominal resolution and AF are all varied using the a: NCGD or b:
ITS algorithm. ¢: The same analysis is shown using the NCGD algorithm with the °F phantom images d: The
lowest RMSE achieved with SNR variation for the NCGD algorithm (solid line) and IST (dashed line) is plotted
together to demonstrate the difference in reconstruction performance.

Figure 7-10 shows the reconstructed images from the 3He data for a select number of cases
with varying nominal resolution, AF and SNRs of either 3 or 24 of the equivalent fully sampled
image. As AF increases or nominal resolution decreases, features such as vessels are obscured,
while noise in the images also obscure the spatial. When SNR is lower there appears to be a
greater weighting towards more TV regularization of the image during reconstruction, as also

found in Figure 7-6 with greater TV weighting leading to lower RMSE.
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Figure 7-10: Reconstructed images using the NCGD algorithm with varying nominal resolutions and AFs when
the SNR of a fully sampled image would be 3 or 24; p,=3.

The basis for the IST algorithm presented in Figure 7-1 is that minimization of g(x) in
equation (7-2) corresponds to the minimization of the RMSE; leading to the best possible
representation of the ground truth image. To test this hypothesis the variation of RMSE and the
L1 norms of the different transforms (wavelet, image and TV), which are components of g(x),
are plotted together in Figure 7-11 for three example reconstructions. As the number of image

or wavelet coefficients
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Figure 7-11: Variation of RMSE and L1 norms of different transforms for retrospective simulations performed on
a *He imaging dataset using the IST algorithm for example cases where r, = 0.5, p,=3 and a: SNR=4 and AF=4,
b: SNR=24 and AF=2 and c: SNR=4 and AF=2. Also shown is the variation of the RMSE and L1 norms as the
average weighting is varied in the images reconstructed either by sparsifying the image or wavelet domain
representation. The final reconstructed image is displayed next to the initial zero-filled image at the bottom. The
L1 norms and RMSE are normalized by subtracting the minimum value obtained.

included in the IST algorithm increases the RMSE increases, until a point where inclusion of
further coefficients result in inaccurate prediction of the incoherent noise and the RMSE begins
to increase. Also, the result of the RMSE and L1 norms are shown for the weighted average of
the reconstructed images using the image or wavelet domain for calculating the incoherent
noise. The initial zero-filled image in a representative slice and final reconstructed image is
shown for each case where it is clear that the artefacts due to incoherent undersampling that
appear as aliasing (see circled region in enlarged image) are reduced in the reconstructed image,
but that the performance of the algorithm is worse with lower SNR.

Generally, the minimization of g(x) occurs close to the minimum of RMSE, but not precisely.
This may account for the better performance of the NCGD algorithm. Neither the
reconstruction using the wavelet or image domain performs consistently better. However, it
appears that the averaging procedure weights towards the reconstruction with the lowest RMSE

in the cases observed. Additionally, the RMSE of the average has the potential to be lower than
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either reconstruction on their own. This suggests that an average of the images constructed with
the NCGD and IST algorithm may also perform better than those performed by averaging the
outputs of the individual algorithms separately since they operate using different methods of

non-linear reconstruction.

7.5.2  Prospectively Sampled Sparse Imaging with °F and 3D printed lungs

The quantitative results from prospective sparse sampling imaging with the 3D phantom are
shown in Figure 7-12. In Figure 7-123, the variation of the RMSE with AF and imaging time
is similar to that of the retrospective simulation presented in Figure 7-7. In addition, although
the NCGD algorithm performs consistently better than the IST algorithm (since the weighting
parameters could be optimized for RMSE by referencing the fully sampled image) the RMSE
of the averaged image is either only marginally higher, or lower than the minimum of either
method used separately. Furthermore, in some cases with low SNR/averaging time the IST
does perform better. When comparing the reconstructed image in Figure 7-12b with high SNR,
as AF increases greater blurring is observed as expected. Fine details of the pattern introduced
by the tubing inserts are lost, but the impact is less than having a low SNR image as shown in
Figure 7-5b.
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Figure 7-12: a: RMSE with varying imaging time for different AFs (a discrete number of averages are included
in the reconstruction for each AF: 5,10,15,20,40 or 80). Error bars represent the minimum and maximum RMSE
for the three sampling patterns tested for each AF. For each AF the results when reconstructing with the IST or
NCGD algorithms and the average of both are shown. The reconstructed images in representative slices are shown
for different AFs when b: 80 averages are used or c: 5 averages. They can be compared to the fully sampled image
(AF=1) with b: 240 averages or c: 20 averages.

7.5.3 In-vivo *F imaging: Array vs Transceive Coil

A visual comparison of an in-vivo 3He ventilation image and the '°F undersampled in-vivo
image obtained in the sample volunteer is shown in Figure 7-13. The '°F image is reconstructed
from sparsely sampled data with AF=4 and has half the nominal resolution in the frequency
encoding direction as well. Motion related blurring is also observable at the diaphragm in the
%F image since the results were averaged over 20 consecutive breath-holds. Despite some clear
spatial discrepancies (see arrows) the CoV histograms generated from the in-vivo images are

shown in Figure 7-13b and have similar distributions.
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Figure 7-13: a: Representative slices in similar anatomical regions from a volunteer using 3He ventilation imaging
or °F with sparse sampling (AF = 4, r = 0.2 and p = 4) h: The resulting CoV histograms from the in-vivo
imaging as well as CoV maps in a central slice.

The resulting reconstructed images in representative slices from volunteer 2 (8-channel
transceive array), volunteer 3 and volunteer 4 (8-channel transceive array with additional 6
receive-only loops) are shown in Figure 7-14. For the NCGD algorithm the impact of weighting
parameters on the final image is shown for a representative slice in Figure 7-14a. For in-vivo
1F images it is not possible to obtain a fully-sampled image for the means of comparison of
RMSE during reconstruction, this is especially the case for an array as the sensitivities are
highly dependent upon positioning and are consequently variable during every imaging
session. Therefore, the resulting reconstruction was chosen based on the visual appearance of
reconstructions, choosing ones that did not over-regularize the image or TV domain. The over-
regularization of the TV domain is observed as excessive blurring, while in the image domain
it is observed as a loss of detail in regions where the SNR/signal is lower. In contrast, the

process with the IST algorithm remained consistent.
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Figure 7-14: Imaging results for in-vivo application of sparse sampling (r, = 0.25, p,=4 and AF=4) for BF
ventilation imaging acquired with the transceive array for three healthy volunteers. a: The resulting image in a
representative slice as the weighting parameters in NCGD reconstruction is varied is shown for the three
volunteers visually showing the impact on reconstruction. b: Represented slices of the reconstructed images using
zero-filling, the IST algorithm, the NCGD algorithm and corresponding slices from a lower-resolution image
taken with similar imaging parameters in the same imaging session.

Compared to the ZF image, both algorithms appear to reduce blurring and noise, however
the difference is less dramatic than with a single coil. This is potentially because the incoherent
noise from undersampling in each channel is different and therefore not additive during sum-
of-squares combination. The low-resolution version for each volunteer has a consistently lower
SNR, while not appearing to provide any better-defined features than the CS data. Note that
the images obtained from volunteer 3 show the appearance of strong banding artefacts from
the SSFP imaging indicating inadequate shimming, but also have the highest SNR.

7.6 Discussion

In the retrospective simulations performed to optimize sampling for °F lung ventilation
imaging it was assumed that imaging with either 3He or °F is a measure of the same ground
truth ventilation image. However, the images obtained with 1°F may differ from 3He imaging
in a number of ways: the lungs may be fully saturated with '°F gas during ventilation imaging,
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MR relaxation parameters are different and the impact of the short T," and associated blurring
from the kx filter may limit the effective resolution due to the point spread function for °F
imaging. However, since a fully-sampled °F image of sufficient quality cannot be imaged for
the analysis presented here basing the analysis on a ®He ventilation image is a reasonable
approximation for '°F imaging.

From the results presented in Figure 7-8 and Figure 7-9 a nominal 3D imaging resolution of
64x52x24 (6.25%6.25x10 mm?®) with AF=2 is predicted to provide the most accurate
representation of the gold-standard HP gas ventilation fully sampled imaging resolution
(100x82x24), with an expected SNR of ~2 — 4 if imaging with CzFg was attempted at the same
fully sampled resolution. However, from Figure 7-10, visual observation of the corresponding
reconstructed image with this resolution and AF show a distinct loss of key features signifying
¥F gas imaging cannot completely match the image quality achieved with HP gas MRI.

In healthy volunteers, defects < 2 cm in size arise due to physiological effects attributed to
posture (132, 348). Therefore it is difficult to attribute features smaller than this size to disease
pathologies, except perhaps through the quantification of lung heterogeneity via CoV (347,
349), which is not yet a well-established method. Therefore, the exact threshold between
physiological variations and pathology is unclear, but would generally be ~2 cm. Thus, the
imaging resolution found to be obtainable with '°F imaging here may prove to able to reproduce
many of the key uses of HP gas imaging in monitor disease pathology related directly to
ventilation, but further study is required.

Through prospective measurement with a **F 3D phantom it was possible to verify many of
the retrospective simulation results. However, the comparison of retrospective simulation
results with the *°F 3D phantom images or 3He ventilation imaging showed that the phantom
does not act as a perfect representation and is missing some structural variation. In future, it
would be best to include the smallest features in the 3D printing rather than median filtering
the initial imaging and attempting to include structural detail with the addition of tubing as an
ad hoc solution. On the other hand, many of the key results were replicated: the optimal imaging
AF was typically only AF=2 and reconstruction with the NCGD algorithm was generally
slightly better than the IST method, but dependent on weighting parameters. Although not
explored here it future work may attempt to implement the NCGD algorithm without free-
parameters to determine if the same level of reconstruction accuracy may be maintained.
Through prospective imaging it was also possible to see that an average of the images resulting
from both reconstruction methods results can result in a more consistent reconstruction, since

in some cases the combined average performed better than the NCGD algorithm alone.
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Previously, the methods of either acquiring as much data as possible under noisy conditions
or averaging identical measurements to improve SNR was investigated, showing that
theoretically it should be preferable to acquire more independent measurements (350).
However, from the evaluation of CoV and RMSE under different AFs (with greater averaging
relative to fully sampled) it appears that there is a range of SNR where increasing AF to allow
for averaging is better than additional sampling of noisy data. In this study, reconstruction from
less sparsely spread data (closely representing an elliptical shutter) did not differ significantly
in MSE from data acquired with greater sparsity and the same AF. This indicates that the
resolution being investigated may be larger than the scale of variation present in typical lung
ventilation images and the use of an elliptical shutter may result in equivalent performance.
This is also strongly corroborated by the finding that the optimal AF was typically 2, while the
ideal nominal image resolution continued to decrease.

In the *°F in-vivo ventilation imaging with multi-element arrays there was no explicit use of
the coil sensitivities in the reconstruction algorithms used. Algorithms have been developed
that combine methods of sparse sampling and k-space based parallel imaging (49), or including
image domain based as well (50, 333), to reconstruct sparsely sampled data. However, here the
fact that the data acquired from the individual elements is sparser in the image domain does
help in the final reconstruction, while also reducing the effect of the undersampling based
aliasing in the final zero-filled reconstruction since the noise does not add coherently. However,
in future work comparison to these additional algorithms is necessary.

With the multiple algorithms for reconstructing sparsely incoherently sampled data available
(48, 331-335, 339, 340, 351) there is still no clear best method for every MR imaging
application. Additionally, often the differences between reconstruction accuracy with different
methods can be small. In some cases, compared to a simple low-resolution alternative with
equal imaging time the improvement may be insignificant (322), especially if the spatial
variation in the image is inherently low. In-vivo measurements performed here showed that
compared to low-resolution imaging performed, the SNR was enhanced, with no visual
blurring. Additionally, there was not a significant visual difference in reconstructions
performed with the two methods here, which may be due to the use of a receive array which
masked the impact of incoherent noise added from sparse sampling. There is a reasonable case
to be made that the use of the IST method, or any other parameter-free method, is preferable
for °F imaging as no fully sampled in-vivo image can be obtained for optimization of the
imaging parameters. Here an average of both techniques also appears to provide the potential

benefit of better reconstruction with the NCGD algorithm, while avoiding some of the risk in
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highly suboptimal weighting coefficients leading to over-regularization with the NCGD
algorithm. The retrospective simulations of SNR presented here assumes that the target nucleus
is TP, but for HP gases the loss of longitudinal magnetization with RF encoding step can be
partially retrieved by the use of higher AFs with a higher associated FA thereby increasing the
effective SNR per unit time (33).

Since the °F CsFgimaging is now being performed with multi-element arrays a comparison
must be made in the performance of the algorithms tested here to those that explicitly include
coil sensitivity in the reconstruction (eg. L1 SPIRIT). In order to perform the same analysis
multi-element images must then be obtained with HP gas imaging to similarly perform
retrospective analysis on. Similarly, prospective imaging using a phantom for fluorinated gas
imaging may be used with a multi-element array to verify the retrospective analysis. Finally,
the results presented here show the optimal AF and nominal resolution based on the expected
SNR (an AF of 2-3 and nominal sampling resolution of 64x50x24 found here for the SNR
obtained here). Therefore, imaging with these parameters may be carried out with a set of
volunteers with different lung pathologies and compared to fully-sampled and similarly
undersampled HP gas images.

7.7 Conclusion

Through retrospective simulation and prospective imaging incoherent sparse sampling was
found to potentially provide some benefit to '°F ventilation imaging. Two different
reconstruction algorithms were compared, IST and NLCG, and it was found that the NLCG
algorithm generally provides higher reconstruction accuracy, but only if the weighting
parameters are optimal. An optimal imaging resolution and AF for '°F imaging was determined
for different levels of expected SNR, with a range specified based on the difference in
polarization and MR imaging parameters compared to the gold standard of HP gas imaging.
Experimental verification through prospective imaging with 3D printed lung phantoms and in-
vivo images provided validation for the results obtained through simulation. For the purpose
of 1°F lung ventilation imaging only a modest amount of undersampling appears to warranted.
Furthermore, it appears that an appropriate choice of image resolution is more crucial than
reconstruction method for accurately representing the fully-sampled image under conditions of
lower SNR.
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Chapter 8: Parametric mapping of °*F CsFs ADC, T2", T: and lung
ventilation in the Lungs of Healthy Volunteers at 15T and 3T
Benchmarked with 2°Xe MRI ©

8.1 Overview

Purpose: To optimize methods of *°F CsFs in-vivo lung MR parameter mapping at 1.5T and
3T and determine representative normal values and typical variation among healthy
individuals.

Methods: Imaging parameters were determined, and breathing protocols were developed,
for the mapping of the apparent diffusion coefficient (ADC), and Ty at 1.5T and fractional
ventilation (FV), T1 and T, at 3T. In addition, *°F CsFs values of ADC were compared with
those obtained with 12°Xe at 1.5T in the same subjects. The evaluation of percent ventilated
volume (%VV) was carried out using anatomical and ventilation images from the subjects,
with CsFg imaging performed at 1.5T and 3T and ?°Xe imaging at 1.5 T, to evaluate sources
of discrepancy between the methods in evaluating the commonly used metric. Six healthy
volunteers were recruited and imaged.

Results: A demonstrated increase in ADC between lung inflation levels of FRC and TLC of
a factor of 1.22 and 1.36 was found in ADC mapping with *°F C3Fs and *2°Xe, respectively. In
measuring %VV a slightly reduced value was found when imaging *°F at 3T when compared
to 1F or 12°Xe at 1.5T, which is attributed to reduced signal in the anterior portion of the lungs
with the transceive birdcage coil used. The values of 1°F C3Fg T1 obtained in healthy volunteers
at 1.5T and 3T were generally within the expected range, though a large variation relative to
the mean was observed, as well as a strong sensitivity to the accuracy of prescribed FA
indicating some measurement dependence. T2" was demonstrated to be shorter with lower lung
inflation levels. In addition, variation of the mean T>" between individuals was found, but with
a similar % variance and distribution between subjects. The measurement of FV was found to
be repeatable between volunteers and higher in the posterior and peripheral region of the lungs.

Conclusion: In this feasibility study, values of physiologically relevant MR parameters were

established for CaFsg in-vivo ventilation imaging. In future work a greater number of volunteers

6 Experiments, simulations and analysis on data were carried out, designed and described in the written
manuscript by AMM. FC provided code to perform ADC analysis and performed a number of scans for ADC
analysis. PH and FC assisted in either adminstering gas or running scans. Manuscript revisions performed with
JMW and AMM.
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will be recruited to improve the reliability of results and comparison will be made to the same

mapping performed in volunteers with known respiratory conditions.

8.2 Introduction

Currently, fluorinated gas human in-vivo lung imaging is not as well characterized as HP gas
imaging, due to the greater research interest in HP gas because of higher attainable image
quality and unique properties of the noble gases (*He is more diffuse (39), while ?°Xe dissolves
into the blood-stream and can be further imaged/characterized (352)). Additionally, the relative
lateness of fluorinated gas imaging being performed in humans compared to HP gas (2008
(120) versus 1994 (71)) has resulted in relative paucity in the literature. Thus, there have
already been a number of longitudinal and clinical studies performed with HP gases (88, 129,
348, 353). In addition, typical values of MR measureable parameters for gas phase *He and
129X e have been characterized in-vivo, such as T," (87, 129, 319, 354), T1 (355), T2 (125), ADC
(39, 87, 139, 356-358) and the SNR and image quality obtainable for set imaging parameters
(34, 36, 134, 142, 359). Also, models have been developed to further detail the complicated
nature of the diffusion within the lungs (139, 142, 357).

For fluorinated gas imaging (focussed on CsFg in this thesis) to follow a similar progression
as HP gas imaging the typical values and range of in-vivo MR parameters must be similarly
determined (98, 245, 360). Additionally, reproducible methods of mapping need to be outlined
in a coherent way that allows them to be repeated at multiple sites (361). Consequently, this
chapter details the imaging and characterization of T,", ADC, T1, %VV, fractional ventilation
(FV) and typical values of SNR with 1°F imaging of 79% C3Fs+21% O in healthy volunteers
at 1.5T and 3 T. In addition, the values of SNR, %VV and change in ADC between FRC and
TLC obtained are compared to those obtained with 12°Xe imaging.

The two quantitative measures of lung function, %VV and the coefficient of variation of
signal intensity (CoV) (347), have previously been derived from inhaled HP gases lung
ventilation imaging. The inherently low MR signal and short T," of fluorinated gases results in
lower signal-to-noise ratio (SNR) and necessitates lower image resolution compared to HP gas
imaging, so it is unknown if the same metrics obtained with fluorinated gas imaging can have
the same utility. Recently, there has been significant improvements in sequence optimization
for fluorinated gas imaging using ultrashort echo time and steady state free precession methods
(98, 251). However, to date, there has been no clear demonstration that fluorinated gas imaging

can be used routinely to provide suitably robust quantitative measures of lung function. Thus,
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the derivation of the two metrics obtained with 1°F C3Fs imaging is compared to those obtained
imaging with HP 12°Xe in healthy volunteers.

The T," relaxation parameter has been shown to depend on physiological changes in different
tissues/organs with *H MRI (6, 361, 362). For example, in *H imaging of brain tissue, T>" has
been shown to correlate with physiological difference between healthy individuals and from
disease-related differences (363). Previously, with HP gases no definite correlation between
T." and lung physiology has been shown, though decreases around vessels and the diaphragm
where perfusion is greatest has been demonstrated (87, 319, 354). Unlike HP gases, fluorinated
gases more fully saturate the lungs and the T," of HP gases is expected to be more influenced
by the presence of paramagnetic oxygen (319, 354). Additionally, the in-vivo T," of CsFs has
been found to be vastly different from that within phantoms (135), further indicating that it
may be a sensitive marker of lung microstructure. Therefore, in this study T-" is mapped in
healthy volunteers to evaluate the range of values in the lungs and variation at different inflation
levels.

For fluorinated gas imaging T is predicted to correlate with VV/Q since the partial pressure
of other gases is the dominant factor affecting T1 (118, 318). In previous research with
fluorinated gases T1 mapping has been linked to the concentration of O in the lungs with C4F1o
(318) or with CzFs (60). However, if the variation within the lungs is greater than the change
expected from variations in partial pressure, or the SNR is too low, a reliable method of V/Q
mapping may prove difficult to implement. Currently, the variation of T1 between individuals
for CsFg+02 mixed in the lungs is not known. Therefore, in this work the T at full lung
saturation in healthy volunteers was characterized.

Through multiple studies it has been established that in progressive stages of emphysema
and COPD the measured ADC can increase by a factor of 2-4 compared to healthy lungs. In
addition, the distribution of ADC and effective mean diffusion length scale (L,,,) measured
through multiple b-value imaging have been shown to be heterogeneous in diseased lungs
(141). Studies with both HP 3He and 1%°Xe imaging have shown that comparable results are
obtained with diffusion imaging (142).

There are also changes in diffusion parameters that occur naturally due to affects such as
posture and the physiological makeup of healthy lungs. For example, in healthy volunteers a
22% decrease in the mean ADC with *2°Xe imaging was found moving from the anterior to
posterior of the lungs in healthy volunteers, which was not observed in volunteers with COPD

(81). Furthermore, a decrease of 24% in the superior-inferior direction was also found, which

181



was potentially attributed to regional differences in %®Xe concentration, since the partial
pressure of gases greatly affects the diffusivity, and in a single breath the inhaled *°Xe gas
may not fully mix in the lungs. In previous works a similar gradient in ADC has been observed
in the anterior/posterior direction as well as the craniocaudal direction (although <15% in the
superior inferior direction) (143, 144), which changes depending on the posture during
imaging. Also, regions of the lung next to the heart experience compression (145), which result
in regional changes in ADC that can be observed in HP gas diffusion imaging. Furthermore,
lung inflation has a similar effect on mean ADC values, while at TLC the anterior-posterior
gradient is no longer observable (95). The changes in ADC observed with posture are smaller
than those observed with disease. Therefore, by replicating the results of previous studies
measuring the dependence of ADC on lung inflation and physiological distribution in healthy
volunteers with 1°F C3Fg imaging the feasibility of detecting changes in diseased lungs may be
extrapolated.

Currently, ADC mapping with CsFs has not been performed reliably in-vivo. Utilizing
improvements in receiver design, optimized imaging parameters and breathing manoeuvre 3D
in-vivo ADC mapping was found to be feasible with a greater resolution than previously
attempted. Thus, to determine the sensitivity of measuring ADC with CsFs the differences
obtained at either FRC or TLC, which has previously been shown to be significant with HP
3He (95), was investigated in six healthy volunteers

In contrast to HP gas imaging ventilation mapping is possible without compensating for
signal decay from RF magnetization destruction and MR relaxation as in HP(59, 364).
Fractional ventilation mapping with CsFg has previously been performed in-vivo in rats (131)
and in humans (123). Here a modified breathing manoeuvre is employed so that FV is mapped
at the lung inflation level of TLC in healthy volunteers to show the feasibility of performing
the same in a future larger cohort of volunteers.

It is hoped that the resulting data obtained and methods outlined in this chapter for mapping
the physiologically related parameters in healthy volunteers (T2", ADC, T1, %VV, FV) will

provide a benchmark for future study in healthy and diseased lungs.

8.3 Methods
In total, 6 volunteer subjects (S1-S6) were images in a number of sessions following

informed consent using a protocol approved by the UK National research ethics committee.
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8.3.1 RF Caoils

For 'H and °F imaging performed at 3T (Philips Ingenia) an elliptical transmit/receive
quadrature birdcage coil (Rapid Biomedical) was used, while imaging at 1.5T (GE HDx) was
performed primarily with an 8-element transceiver vest coil (365), in most cases modified to
include an additional 6 receive-only elements [Chapter 4], for a total of 14 elements. For one
volunteer measurement was performed with a 6-element ladder resonator/transceive array
hybrid [Chapter 5], because of the improved access provided. 1*°Xe imaging at 1.5T was

performed with a flexible transmit/receive vest coil (CMRS, Brookfield, Wisconsin, USA).

8.4 Imaging Parameters
Table 8-1 lists the various parameters used in the determination of ADC, T, ,T1, FV and
%VV with CsFs, as well as of ADC and %VV with 12°Xe. Details on parameter choice and

scan procedures followed are included in following sections.

8.4.1 %VV, CoV and SNR

Discussion of the evaluation/determination and value of %VV from anatomical images
registered to ventilation images and segmentation is provided in Chapter 9. During ventilation
and proton imaging a 1 L bag of gas was inhaled from FRC to ensure equal lung inflation for
F imaging at 3T and *2°Xe imaging at 1.5 T. For ?Xe imaging the 1L consisted of 400 mL
N2 gas mixed with 600 mL isotopically enriched 12Xe (86%) gas hyperpolarized to a level of
30-40% (366). For '°F, imaging at 1.5T was performed after the volunteer breathed to TLC,
since it was determined this was a more reproducible lung inflation level with continual
breathing from a Douglas bag. For fluorinated gas imaging 4-breaths were taken of the gas
mixture prior to breath-hold to fully saturate the lungs. Each '°F scan was repeated a second
time after the volunteer recovered while breathing the fluorinated gas mixture and was then
able to repeat the breath-hold manoeuvre, the resulting images were averaged for higher
subsequent SNR.

Images were segmented and median CoV calculated as previously described (57). For 12°Xe
imaging at 1.5T and '°F imaging at 3T CoV maps were generated by subsampling *?°Xe images
so that the image resolution was equal to the reconstructed *°F image resolution. A 3x3 kernel
of 3.125 mm reconstructed pixel resolution (higher than the acquired resolution for both) was
used to calculate local CoV for every voxel within the ventilated lung volume. CoV calculation
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was not carried out with °F imaging performed at 1.5T because the inhomogeneous receive

field of the transceive array coil would not allow for comparable results to the imaging at 3T.

842 Ti1

The following breathing manoeuvre was followed: two deep breaths were taken of the gas
mixture to fully saturate the lungs. Then, during a subsequent breath-hold at TLC, three 3D
SPGR imaging acquisitions were performed with a long TR relative to T and varying RF pulse
amplitude (for targeted flip angles of 30° 60° and 90°). The resulting pixel-wise FA was
calculated based on the signal intensity difference according to equation (2-50) (43). The
volunteer then recovered while still breathing from the gas mixture and once they felt
comfortable to do so they performed another breath-hold during which three 3D SPGR imaging
acquisitions were made (that were co-localized with the previous acquisitions), with TR shorter
than T1 (TR=5.7 ms at 1.5T and 6.5 ms at 3 T). The resulting pixel intensity variation and
previously fitted FA map was used to fit T1 (44). The estimation of T using the variable flip

angle method was performed according to reference (60), which is described in section 3.3.4.

843 T2

T2 mapping was performed at 3T only due to the availability of a multi-echo sequence for
multi-nuclear imaging. From multi-echo SPGR acquisition sequences the signal in each voxel
for each echo (S, ) was fit according to:

_ATE(Mecho—1) (8'1)

S x S;e Tz + ¢,

Necho

where ATE is the spacing between echos, n.., is the echo number and ¢, is a constant to take
into account the background noise in image reconstruction. In one volunteer T>* mapping was
performed at the two lung volumes of TLC and RV (see Figure 2-14), while for other volunteers
mapping at just TLC was performed.
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Table 8-1: Imaging parameters for specific volunteers for the characterization of different MR parameters.

Measurement and Sequence TE TR BW Matrix size FOv Prescribed Avg.
volunteers (ms) (ms) (xkHz) (pixels®) (cm?®) FA (°)
15T

¥F 9%VV-S1/S4tt

Ventilation 3D SSFP 1.68 3.94 6.94 40x34x24 40x32x24 72 Bx*
Anatomical 3D SPGR 1.80 3.92 17.9 100x100x32 44x44x32 15 1
BF 06VV — S2/S61 1153+

Ventilation 3D SSFP 1.92 494 5.95 40x34x24 40x32x24 72 4*x*
Anatomical 3D SPGR 1.96 4.54 17.9  100x100x(28/30)  44x44x28 15 1
129%e 9%VV - S1/S2/S3/S4/S6

Ventilation 3D SSFP 2.2 6.7 8.06 100x82x(22/24) 40x32x(22/24) 10 1
Anatomical 3D SPGR 0.6* 19 83.3 40x40x(22/24)  40x40x(22/24) 5 1
F T, - S1/S2/S4/S5/S6+t

FA mapping 3D SPGR 2.22 35 3.97 32x26x10 40x32x30 27/54/81 1
T, mapping 3D SPGR 2.22 5.6 3.97 32x26x10 40x32x30 27/54/81 4

F ADC S1/S2/S4/S5/S6t111S3t

ADC Mapping 3DSPGR  5.87* 10.4 3.01 32x26x10 40x32x30 81 4**
(t=2.2 ms, b=1.79 s/cm?)

129%e ADC S1/S2/S4/S5/S6

ADC Mapping - AF=4 3D SPGR 14.1 17.4 6.94 64x53x18 40x32x24 3.1 1
(t=8.5ms, b=12,20,30 s/cm?)

3T
8F 9%V V- S1/S2/S3/S4/S5/S6
Anatomical 3D SPGR 25 5.2 15.9 110x110x43 44x44x32.3 30 1
Ventilation 3D SSFP 3.2 7 6.03 50x42x19 40x33.8x28 52 5

5

BF T,"- S1/S2/S3/S4/S5/S6

T," mapping 3D SPGR 1:1:6 7 23 32x28x13 40x32x29.3 26 12**

Single session Washout
FVIT,'IT,— S1/S2/S3/S5

FA mapping 3D SPGR 1.9/4.3/6.7 30 34 53x22x16 40x33x24 30/60/90 1
To/T," mapping 3D SPGR 1.3/2.8/4.3 6.5 11.7 53x22x16 40x33x24  22.5/30/45 4
FVIT," mapping 3D SPGR 1.3/2.8/4.3 6.5 11.7 27x22x16 40x33x24 45 1
*Partial Fourier encoding (87.5%) T 6-element array T11 14-element array
** 2 dynamics, for double the number of stated averages 11 8-element array

8.4.4 Apparent Diffusion Coefficient

We perform experiments here with the ADC in the linear regime, where S/V Ly;¢r < 1
(detailed are provided more fully in Chapter 2, as well as details on motivation of multi-
inflation study). A diffusion time of 2.2 ms and b-value of 17.87 s/cm? was used as previously
employed in experiments with CyFs in excised lungs (97). To determine the sensitivity of

measuring ADC with CsFs the differences obtained at either FRC or TLC was investigated and
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compared to the same measurement with ?°Xe using a 3D multiple b-value SPGR sequence
with compressed sensing (85).

The following breathing manoeuvre was followed: 4 deep breaths were taken of the gas
mixture to fully saturate the lungs and a breath-hold was performed at TLC during imaging,
after recovery while breathing from the gas mixture the volunteers performed a second breath-
hold at TLC once they felt comfortable to do so, the volunteer then recovered again and
performed a breath-hold at FRC, then recovered once more and performed another breath-hold
at FRC. All breath-holds were 18s and images obtained at the same inflation level were
averaged together for increased SNR. A 25L Douglas bag was found to be sufficient for the
breathing manoeuvre. According to general guidelines provided in reference (358) the
resulting images were thresholded so that only voxels with SNR>15 were used in calculation
of ADC.

To evaluate the distribution of ADC value histograms of the ADC values from 1?°Xe and '°F
imaging were plotted for all volunteers at FRC and TLC. Furthermore, similar to the process
carried out in references (81, 144) the ADC gradient in the anterior-posterior and superior-
inferior directions were calculated by first manually placing the center of the lungs and then
plotting the average ADC for each of the slices/pixels relative to the center for all volunteers

together.

8.4.5 Fractional Ventilation
The rate of signal decay during the washout phase of imaging was used to evaluate FV
according to (58, 131):

Sm)=c(A—-F")"+c¢, (8-2)
where S(n) is the MR signal, ¢ is a constant related to imaging parameters, n is the breath
number, ¢, is a constant to take into account the background noise in image reconstruction and
FV is the variable associated with fractional ventilation. Here, T1 and T2" are measured prior
to measurement of FV washout.

First, FA and Ti1 parameter mapping was carried out at 3T using the same breathing
manoeuvres as described earlier. Immediately after, constant dynamic imaging was carried out
while the volunteers attempted to repeatedly breath to TLC, remain at that inflation level as
long as they felt comfortable, and then breath out to FRC. The first breath to TLC during
dynamic imaging was from the Douglas bag containing the fluorinated gas mixture, and

subsequent breaths were from room air.
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In post-processing the signal in a region that was in an inferior part of the lungs was averaged
and the progression of the signal with the dynamic imaging was plotted. The images with
highest signal were isolated as part of the individual breaths where the lung inflation level of
the volunteers was at TLC. The signal and the resulting images at these isolated time points
were averaged for each small breath-hold (about 3-7 seconds each, for 2-4 averages).

For evaluating the FV a Blackman filter was applied to k-space to provide suitably high SNR
for fitting (367). Fitting was performed by least-squares via MATLAB (Mathworks, Natick,
Massachusetts, USA). Only results with a linear regression correlation coefficient >0.95 are
reported. In addition, pixels with SNR<10 were excluded for both FV and T2" analysis, while

for T1 and FA mapping SNR<15 were excluded.

8.5 Results

8.5.1 %VV, CoV and SNR

Figure 8-1 shows ventilation images acquired either with *°F at 1.5T or 3T, and '*°Xe at 1.5
T, overlaid on anatomical images. The resulting %VV for the different cases is displayed above
and a Bland-Altman plot of the difference between %VV derived from °F images at 3T or
129%e at 1.5T is shown in Figure 8-2. Compared to *°F images acquired at 3T the %VV is
systematically higher for *2°Xe images at 1.5T, as well as for *°F images acquired at 1.5T with
receive arrays. Comparison of the representative slices from the healthy volunteers in Figure
8-1 illuminates why a lower %VV was found. At 3T the lower %VV found with °F, when
compared to 2°Xe, appears to be partially due to signal drop-off in the outermost anterior and
posterior slices. Overall, fluorinated gas images are blurred due to lower resolution and lower
relative signal in the major airways can be observed. For the imaging resolutions used the SNR
is similar between all the 12°Xe and °F images at both field strengths. This is potentially a
result of B1 inhomogeneity as found in FA and sensitivity mapping of the birdcage coil in
Chapter 8. The increase in SNR at 1.5T due to use of SSFP imaging and multi-element arrays

appears to compensate for the decrease in SNR relative to 3T due to lower polarization/signal.
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Figure 8-1: Inhaled inert gas ventilation SNR maps for representative coronal slices (*°F or 12°Xe) overlaid over
registered anatomical *H images with calculated mean SNR within the segmented ventilation images shown next
to %VV (SNR/%VV shown above anterior coronal slice).
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Figure 8-2: Bland-Altman plot of %VV values derived from images.

The results of CoV histogram analysis are displayed in Figure 8-3. In Figure 8-3 the CoV

calculated from only a single dynamic image is higher than with two. Therefore, with only one
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dynamic image sufficient SNR is not achieved for CoV to be independent of SNR (SNR >=20).
With the two dynamic images the median CoV is on average 1.6% lower than that calculated
from 12°Xe MRI. From CoV histograms in Figure 8-3 this change can be clearly observed with
the shift of the CoV distribution. This is indicative of the impact of lower sampling resolution
resulting in reducing image variation.
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Figure 8-3: a: Mean CoV histogram of volunteers obtained from 3T imaging with *°F using either a single breath-
hold dynamic or the average of two. b: The mean CoV histograms of images acquired °F at 3T or *2Xe imaging
at 1.5T with error bars indicating the standard deviation of all volunteers for each histogram bin.

852 T1

The resulting FA maps and T1 maps obtained from volunteers at 1.5T are shown in Figure
8-4. Results from mapping in healthy volunteers at 3T are also shown in Figure 8-6. The SNR
of images for FA and T1 mapping, after filtering and for images acquired for peak FA, was 25-
50 throughout the lung at 3T with the use of a birdcage coil and 30-100 at 1.5T with the use of
a coil array. The FA homogeneity within the lungs at 1.5T is lower in some cases (but not
always) relative to that of the birdcage at 3T, with a consistent drop-off towards the inferior
where the coil coverage is potentially lacking. Black areas are regions where SNR<10 in the
image with the highest FA, or the fitting was too unreliable due to low achievable FA or poor

fitting. The mean T found here in the lungs across volunteers is reasonable considering the
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predicted range of T1 with variation of partial pressure (117), but the standard deviation is

significant relative to the mean.
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Figure 8-4: a: In-vivo FA maps for a prescribed 90° FA obtained for 4 healthy volunteers at 1.5T with 14-element
array and b: co-localized T1 maps for volunteers.
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Figure 8-5: a: In-vivo FA maps for a prescribed 90° FA obtained for 4 healthy volunteers with elliptical birdcaée
at 3T and b: co-localized T, maps for volunteers.

853 T2

Maps of T2" in representative slices are shown in Figure 8-6. Results are similar to those
presented in Chapter 8, except measured at FRC+1L rather than TLC. It is clear that a decrease
in T2 is observed around intrapulmonary vessels and the diaphragm where tissue-air magnetic
susceptibility gradients are highest. The regional variation in T" is significant, and much lower
than that found in phantoms, indicating that it may be sensitive to structural/function changes
in the lungs. The demonstrated lower T," at RV compared to FRC+1L in one volunteer further

supports this claim.
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Figure 8-6: T>" maps for °F/CsFs measured at 3T in anterior, central and posterior slices, and the mean and
standard deviation within the lungs for each volunteer, a: at RV for one volunteer and b: FRC+1L for all 5
volunteers. Also. the c: histogram line plots for all the volunteers within the lungs normalized to the mean value.

8.5.4 Apparent Diffusion Coefficient

Maps of coronal slices of CzFg ADC with lung inflation levels of FRC and TLC are shown
for in Figure 8-7, which can be compared to maps generated with the same volunteers and lung
inflations with 2°Xe imaging shown in Figure 8-8. For '°F, the SNR found in ADC mapping
(averaging from the two breath holds and minor filtering applied to k-space) was SNR > 70 in
peripheral slices and lung regions, and SNR ~ 25 in central regions of the lung. Due to the
rejection of low SNR regions in mapping ADC (358) there is a consistent exclusion of areas
around the major pulmonary vessels and in some regions around the diaphragm of volunteers.
This is due to the reduced SNR resulting from the lower T," in these regions, as observed in
Figure 8-6, and the long TE required for the ADC mapping sequence. For *2°Xe imaging there
is a more uniform SNR distribution due to the use of a single volume transceiver, with a typical
range of 20-40 in volunteers. For 1°F and 1?°Xe imaging the average in ADC from FRC to TLC
was by a factor of 1.22 and 1.36, respectively.
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Figure 8-7: 1°F ADC maps in representative slices plotted from posterior to anterior (top to bottom) obtained with
6 healthy volunteers as a: TLC and b: FRC. Global mean values and standard deviation of ADC are displayed
below representative slices.
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Figure 8-8: 12°Xe ADC maps in representative slices plotted from posterior to anterior (top to bottom) obtained
with 5 healthy volunteers at a: TLC and b: FRC. Global mean values and standard deviation of ADC are displayed
below representative slices.
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Figure 8-9: Histograms of ADC in healthy volunteers measured at lung inflation levels of FRC and TLC for
a:12%Xe and b: °F.

A reduction in the gravitational (posterior-anterior) ADC gradient was observed from FRC
to TLC with both gases (Figure 8-10). At FRC, the mean change with all volunteers plotted as
described shows a maximum range increase of 107% (1.5—3.1) and 30% (1.38—1.8) increase
in ADC in the posterior to anterior direction for 1°F and '2°Xe, respectively. Furthermore, with
both CsFs and 12°Xe ADC at TLC the posterior-anterior gradient is no longer discernible, as
observed previously with *He (368). In contrast to previous studies the gradient in ADC in the
superior-inferior direction is either not readily observable, or increasing rather than decreasing
(144, 369). From the ADC maps in Figure 8-7 and Figure 8-8 it can be seen that that there are
a number of regions with higher than average ADC that are near the heart and to the inferior
of the lungs, as well as localized regions of lower than average ADC. These regional variations
appear to mask any superior-inferior gradient observable with the limited number of volunteers

and particular method of plotting the superior-inferior gradient used here.
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Figure 8-10: a: Labelled segmented regions for performing analysis of anterior-posterior (A-P) and superior-
inferior (S-P) gradients in ADC with 12°Xe and **F imaging. The mean ADC in slices moving in the A-P direction
is shown for b: FRC and c: TLC for both 2°Xe (left) and '°F (right). The mean ADC in pixels moving in the S-I
direction relative to the centre is shown for d: FRC and e: TLC as well.
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8.5.5 Fractional Ventilation

Representative coronal slices of FV maps from healthy volunteers are shown in Figure 8-11a.
An increase of FV towards the posterior was observed as well as to the inferior. This is expected
as the inferior of the lung towards the diaphragm expands and contracts the most during tidal
breathing, and because of the gravitational effect on the distribution of FV (370). This same
effect has is well documented with *He and 1?°Xe gas MRI (59, 364). With this method of FV
mapping it was observed that approximately half of the fluorinated gas is washed out per breath
from FRC to TLC, which is expected to be reduced for obstructed lungs. The SNR is fairly
consistent across volunteers with a range of 40-50 at the first breath image. The rapid rate of
washout found means that signal is typically too low to measure after the second breath (SNR
is < 6 after the 3" image). Figure 8-11b shows T," maps obtained prior to washout from the

imaging employed to map T1.
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Figure 8-11: a: FV maps of fluorinated gas imaging during washout with labelled mean and standard deviation
with lungs. b: Corresponding T>" maps in representative slices are shown prior to washout. The scale for the T,"
maps are normalized to the mean (u) of the T," in each volunteer.

8.6 Discussion

In this study, for the first time systematic in-vivo mapping of T1, T>"and ADC for C3Fs has
been presented in a number of healthy volunteers. In addition, methods of mapping FV and
%VV have been outlined, as well as comparison of SNR obtained with different imaging
parameters and at the two clinically relevant MRI field strengths (3T and 1.5T).

In the evaluation of %VV of healthy volunteers, the systematic bias towards low %VV when
imaging with 1°F at 3T when compared to 12°Xe appears to be primarily due to a combination
of coil inhomogeneity and magnetic field inhomogeneity dependent effects leading to signal
drop-off in the outermost anterior slices. Therefore, the same systematic bias was not found
imaging °F at 1.5T using coil arrays (6/8/14 elements) for imaging, since high SNR was
obtained in the outermost slices due to increased coil sensitivity. Since the %VV is expected
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to be typically >97% in healthy volunteers (142, 347), to determine the true clinical viability
of 1°F imaging for %VV a cohort of patients with respiratory diseases need to be imaged with
HP and fluorinated gas imaging to determine the effects of different gas properties, and
collateral and FV differences, on the measurement of %VV. This is work ongoing that | am
taking forward as part of the LIFT study [Chapter 9]. In comparing CoV for '°F and 1%°Xe
imaging, changes with increasing SNR and increasing imaging resolution were found
indicating that the resolution and SNR achievable with °F imaging are not sufficient to fully
represent the spatial variation inherent in lung ventilation as measured by MRI. However, since
CoV remained consistent between healthy volunteers °F imaging may still be sensitive to
changes in ventilation heterogeneity, as measured by CoV, which has been demonstrated to
occur in different pathologies (371)

Previously, the measurement of °F gas T in lungs has been performed assuming a uniform
FA. Assuming accurate co-registration of images, the variation in FA should not affect the T
mapping, while with a highly homogeneous transmit coil the FA mapping step may be
excluded. Considering the large variation in T: and FA found here it is clear that no
compensation for FA inhomogeneity would introduce systematic bias into the voxel-wise
measurement of T1 (60). The relation of T1 to V/Q presented in (60, 118) would be a valuable
application for fluorinated gas imaging, but it is not clear how reliable mapping may be if it
relies on imaging with 30% CsFs gas saturation considering the low SNR. Furthermore,
considering the large variation in Ty here it is clear that there are other factors affecting the
variation of T1 throughout the lungs. In future, the application of T1 mapping with volunteers
that have different disease pathologies may demonstrate specific differences relative to healthy
volunteers even when the gas fully is fully saturated in the lungs. The method in reference (60)
assumed the signal decays only according to washout and changing Ti, but there is also a
possible change in T2" during washout due to the corresponding change in T2 and ADC with
partial pressure that would need to be compensated for. Nonetheless, as a global measure the
proposed method of mapping T1 during washout may be relatable to VV/Q and provide important
information.

The only previously published data reporting in-vivo measurement of ADC of CzFs used a
t=1ms and b=1.33 s/cm?, so with the reported mean ADC of 0.023 cm?/s only a 3% decrease
in signal would be expected from equation (2-85) (372). The work presented here shows
measured ADC values more commensurate to what is expected physiologically (ADC<0.03
cm?/s) with high image SNR. In this work, calculated ADC values were found to be

consistently lower than the free diffusion coefficient of CaFs, demonstrating acinar diffusion
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restriction. In addition, clear changes in ADC between FRC and TLC were observed as well as
regional differences due to the gravitational gradient. There is a strong indication from this
work that 1°F CsFs ADC mapping will be able to detect changes in lung microstructure in
different pathologies, since the regional changes due to posture and lung inflation are typically
less than those caused by disease. However, future work will require acquiring CsFg ADC in
patients with respiratory diseases to fully evaluate the sensitivity of CsFg to emphysematous
changes in alveolar airspaces.

Direct comparison on the expected difference is difficult, as the ?°Xe imaging conditions
place it the regime of restricted diffusion, where the length scale is larger than the external

airway radii Lg;rr > R and/or Lg;rr > (S/V)~'. However, considering the longer diffusion

time available to be used with longer T>", and free diffusion coefficient D,, the ADC of 12°Xe
should show a greater change with variations in lung microstructure, characterized by S/V.
This proportional difference was observed with the shift in the mean and median of histograms
in Figure 8-9 that occurs for both 12Xe and CsFs in the case of FRC compared to TLC lung
inflation. The shift is greater for 12°Xe imaging, as well as the relative difference between ADC
in the anterior and posterior portions of the lungs. In future work it will be necessary to ensure
consistent saturation of the fluorinated gas mixture as the partial pressure strongly influences
the free diffusion coefficient (approximately Do=0.23-0.77cm?/s for 100%-0% partial pressure
with Oz (117)). In this study full saturation with the gas mixture at 79% PFP / 21% O, was
maintained for ADC mapping (Do~0.027cm?/s), which may be the most reproducible method
of ADC mapping with CsFg.

The mean T, of PFP in lungs of volunteers with full saturation of the gas was found to be
higher than previously reported (126), but previous measurement was likely performed as a
global spectroscopic measurement rather than pixlewise and also with less than full saturation
of the gas mixture. Significant variations in the mean T." was found between different
volunteers, but the distribution of values in the lung normalized to this mean was consistent
(Figure 8-6). In this study changes in the T->" were found based on the level of gas saturation
(Figure 8-11) and inflation level, but it is not known if this is enough to explain differences
between measurements with different volunteers. Factors such as total lung volume, anatomical
differences in susceptibility gradients and normal variations in alveolar dimensions within the
population (373) may explain the variation of T2", which for fluorinated gases is predicted to
be primarily dependent on the susceptibility effects from the inhomogeneity of the tissue

interfaces (differences in the bulk magnetic susceptibility (374) at the air tissue interfaces of
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alveoli (375)). Therefore, it is expected that differences in age (376), or different disease
pathologies like asthma (347, 377), may show correlation with changes in T". Similar mapping
performed at 1.5T would ascertain definitively whether 1°F imaging at 1.5T is preferable to that
at 3T, since as a much longer T>" at 1.5T, as expected based on results with HP gases (378),
would demonstrate that similar SNR could be obtained with reduced SAR constraints, even
using SPGR imaging rather than SSFP imaging as has been demonstrated previously (135) .
In measuring FV in this study the time to washout is shorter here than in (123) due to the
different breathing manoeuvre employed. In the analysis presented here, and other studies (58,
123), it was assumed each breath is identical, which is reasonable based on the repeatability of
the breathing manoeuvre employed and from previous results that matched the results of
performing HP gas ventilation imaging along with pneumotachograph measurement (364).
Any study involving fluorinated gas imaging in the future should include a method of FV
mapping as it may prove to be the most relevant and easily reproducible and quantifiable metric

obtained with fluorinated gas imaging.

8.7 Conclusion

The work presented in this chapter is preliminary work in the establishment of expected
values of typical lung imaging parameters measured through MRI with CsFg lung imaging: T1,
T2", SNR, ADC, FV and %VV in healthy volunteers. For T1, %VV, T2", and ADC there has
not previously been in-vivo regional mapping presented of comparable quality due to the higher
SNR achieved with the optimization of imaging and coil design developed in this thesis. In
addition, with %VV and ADC comparison to 12°Xe imaging explored the extent that %VV can
be comparably measured with '°F imaging in healthy volunteers despite the lower resolution.
Also, while the percent change in ADC with lung inflation level is lower with 1°F changes due
to variation in lung physiology are clearly detectable, indicating sensitivity to change in acinar

airways dimensions.
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Chapter 9: Optimization of 'H and °F Imaging at 3T and Post-
Processing for the Evaluation of %VV/’

9.1 Overview

Purpose: To develop and implement a repeatable and reliable scan protocol for '°F imaging of
lung ventilation properties at 3T.

Methods: In the first phase of the study MRI scan protocol methods were optimized. In the
second phase the reproducibility of SNR and %VV between volunteers was analysed. A single
transceive birdcage coil was used for °F and 'H imaging, so tests were performed to
characterize the receive and transmit performance of the coil at both Larmor frequencies. Then
scan parameters were varied for single breath-hold anatomical and *°F ventilation scans in 14
healthy volunteers to optimize SNR and contrast. Scanning was then performed in 18 healthy
volunteers to evaluate reproducibility. Methods of segmentation and image registration of
anatomical and ventilation scans were evaluated and implemented.

Results: The birdcage coil used for images was found to have reasonable transmit homogeneity
and matching at the '°F frequency, but to be greatly mismatched with inhomogeneous transmit
efficiency and receive sensitivity at the *H frequency. With the use of rapid low flip angle 3D
multi-echo SPGR imaging SNRs of ~60 and ~14 for *H anatomical (3x3x6mm? resolution)
and °F ventilation imaging (10x10x10mm?3 resolution) was found to be obtainable. An SNR
of ~25 was obtained with *H 2D SPGR interleaved slice imaging (4x4x10mm? resolution),
which greater visual contrast between lung cavity and the rest of body tissue. In images from
healthy volunteers image registration was able to compensate for variations in lung inflation
and volunteer movement during image so that the %VV was consistently >97%. For healthy
volunteers measurements of %VV lower than 97% were found to be caused by regions of signal
drop-off and low SNR, causing regions not easily distinguishable from defects. The mean SNR
was greater than 8 in ventilation images for 13 of the 18 volunteers. The mean SNR showed
high intersubject variability, but low intrasubject variability between ventilation scans.
Conclusion: The consistency of results with *°F C3Fs ventilation imaging was established for
healthy volunteers. In the future ventilation and anatomical images acquired in patients with

known respiratory conditions will be compared.

" All analysis on data were carried and described in the written manuscript by AMM. For part of imaging
performed in phase 1 scanning was performed by AMM. For imaging performed in the the later half of phase 1
and all of phase 2 of the LIFT imaging scanning was performed by the radiographic team at the University of
Sheffield (Julia Bigley, Charlotte Oram), while Matt Austin perfomed gas administration in one scan session,
AMM performed gas adminsistration in others. Manuscript revisions performed with JIMW and AMM.
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9.2 Introduction

Ventilation MRI imaging with inert gases is a valuable tool for assessing and monitoring
lung disease pathology (106, 124, 353). Hyperpolarized (HP) gas imaging (with 3He and 2°Xe)
has become a well-established method for ventilation imaging, with numerous studies
demonstrating the assessment of %VV for different pathologies (57, 142, 379, 380), and its
correlation with common global measures of lung function through spirometry FEV1 and FVC
(142, 381)). Typically, the %VV for healthy volunteers is >97%, while for patients with COPD
or other lung disease pathologies the %VV is less than 85% (142).

The regional information provided by ventilation imaging has also proven to be relevant in
pathologies such as asthma. For asthmatic patients with moderate severity %VV may be nearly
normal, but “patchiness” is observed and the heterogeneity of the gas distribution as measured
by MR may correlate more closely with lung function (347-349, 371, 377). Also, spirometry
gives no anatomical information, which is readily provided in MR imaging and spirometry
alone also only provides information about global lung function that does not necessarily
correlate well with patient symptoms or survival (382). In addition, the regional information
from ventilation imaging can be important clinically for procedures such as lung volume
reduction surgery (383), endobronchial valve placement (384) and radiation therapy planning
for lungs cancer to avoid regions of functional ventilation (359).

Currently, the modality of *°F ventilation imaging has not been developed/quantified to the
same extent in such applications because of its inherently lower signal. However, compared to
HP imaging fluorinated gas imaging does not have the same requirements of initial
infrastructure investment for HP equipment, expertise and expense. Consequently, if °F
ventilation imaging was demonstrated to be of sufficiently quality it may be prove valuable as
a pre-screening measure at sites that have '°F imaging capabilities for less numerous sites with
HP gas capabilities, or even as a replacement in specific instances. Also, in °F imaging gas
moves into area that are initially not ventilated since multiple breathes are taken of the gas
mixture to fully saturate the lungs (collateral or delayed ventilation (344)), so °F imaging may
also operate as a complementary method that provides additional functional information
compared to HP gas imaging.

Therefore, establishing if the lower-resolution imaging of *°F CsFs imaging can reliably and
reproducibly measure the %VV in healthy and diseased volunteers is the objective of the Lung
magnetic resonance Imaging of Fluorocarbon Tracer gases (LIFT) study, which is a

collaboration between groups at Newcastle and Sheffield University. The work presented in
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this chapter is a description of the methodology and results of the LIFT study carried out at the
University of Sheffield site thus far. The LIFT project is separated into three phases: MRI scan
protocol development, reproducibility of ventilation measurements, and comparison of lung
function measurements between patients with asthma, COPD and healthy volunteers. This
chapter provides an overview of the first two phases, with the second phase currently
underway.

A unique challenge for 1°F imaging is the relative closeness of the Larmor frequencies of *H
and '°F nuclei: 128 and 120 MHz at 3T, respectively. Consequently, it is an engineering
challenge to develop a coil that is either sufficiently detuned during *H body coil
transmission/reception, is dual-tuned without compromising sensitivity at either nuclei, or
incorporates multiple single-tuned coils that are decoupled while providing both homogeneous
transmission and high receive sensitivity. It is also essential for the coil to follow ethical
research guidelines for safety regarding SAR and be certified by the appropriate regulatory
bodies to be used. In this study a single-tuned volume transceive coil was used for both *°F and
'H imaging, with compromised performance at the *H frequency. As a result, quantification of
the coils transmit/receive properties was an important first step prior to imaging parameter. In
addition, imaging parameters were limited due to the SAR properties of the coil at 3T, and the
resulting effect on sequence optimization are detailed.

Optimization of *H anatomical imaging was carried out with the objectives of 1) maximizing
SNR, 2) use of robust scan parameters insensitive to motion, FA inhomogeneity and artefacts,
and 3) providing clearly defined lung/tissue/defect boundaries for easy registration and
segmentation. For the ability to accurately and repeatable segment lung images SNR and
resolution are important and related factors. The FA was varied in in-vivo 3D imaging to
determine the optimal mean considering the inhomogeneity present in the coils transmit field.
A multi-echo 3D imaging sequence was tested and predicted to provide some benefits over
single echo imaging in terms of maximizing signal-to-noise (SNR) of lower T," tissues, while
increasing the contrast between lung and non-lung regions. Also, 2D interleaved slice select
imaging was also tested to provide better/different contrast between tissue interfaces.

In 1°F imaging, the B1/Bo inhomogeneity and SAR was found limit the parameters and
sequence choice to just SPGR/GRE imaging with a lower than optimal choice of prescribed
FA for the T1 of CsFs. However, for regions where the prescribed FA and actual FA match the
SNR compared to optimum should be = 90%. Multi-echo imaging was tested for ventilation
imaging as a strategy to maximize the acquisition time for each TR. T." mapping derived from

multi-echo imaging demonstrated that there are regions around intrapulmonary blood vessels
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and near the inferior portions of the lungs that T-"is significantly lower than the mean (<1 ms).
Since these are areas where the highest SNR is desired for segmentation the use of sum-of-
squares reconstruction multi-echo images, despite the additional post-processing step.

The steps take in segmenting images for %VV calculation are shown in Figure 9-1.
Registration of ventilation and anatomical data is a critical step in the calculation of %VV since
acquisition of ventilation/structural images are acquired in a separate breath-hold. The inflation
level and body positioning may change significantly between scans, especially over the period
of a 40-minute scan session. In previous comparisons of same breath and separate breath HP
and H imaging (321) mis-registration of the separate breath images is obvious. Therefore,
affine image registration using mutual information was carried out to transform anatomical
images (385). Interpolation is particularly problematic with 1°F imaging compared to HP since
the imaging resolution is significantly lower than in HP gas imaging. Subsequently, the
interpolation may cause a blurring effect reducing size of defects and expanding the borders of

apparent lung ventilation.

19F Ventilation

Reiistration Paired Segmentation  Manual Correction

Figure 9-1: Flow chart demonstrating the process carried out for calculation of %VV from combined ventilation
and anatomical imaging.

Segmentation methods can be paired or unpaired, and based on different algorithms:
clustering, thresholding, region classification based methods, with additional methods of
bilateral filtering (57, 61, 379, 384, 386). With this study segmentation is performed with a
GUI based method developed within the POLARIS group (57). Here, %VV was >95% in
healthy volunteers, except for cases where reductions in analysed %VV arose due to low SNR
in the outer anterior and posterior slices and some variation between inflation level in
anatomical vs. ventilation scans. It is not yet clear how analysis will be in patient data, but the
analysis performed so far has shown that the %VV assessment in healthy volunteers can be
reproducible with SNR histograms and inflation level measured by TLC remaining consistent,

depending on volunteer compliance with breathing instructions.
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9.3 Methods

9.3.1 Coil Characterization

To determine the relative sensitivity and FA homogeneity of the two coils imaging was
performed with varying values of prescribed FA. The image SNR and actual FA is then fit to
equation (2-50). The imaging sequence parameters followed are in Table 9-1. For in-vivo and
phantom 'H imaging The T1 value used in fitting for *H imaging was assumed to be much
smaller than the TR value used (1500 ms and 400 ms, respectively) and in-vivo imaging is
performed while volunteer breathed as shallowly as possible. In-vivo °F imaging FA

parameter variation series was performed in a single breath hold.

Table 9-1: Sequence parameters used for *°F and *H FA mapping in torso phantom and in-vivo. Fitting of the
resulting signal was performed pixelwise according to equation (1).

Sequence |TE (ms)| TR(ms)| BW Resolution FOV (cms) Target FA (°) Avg.
(Hz) (mms)
Phantom Imaging
'y | 2D Coronal 2.6 400 1021 6x6x10 44x36.7x26 30/60/90 1
SPGR
19F 2D Coronal 2.9 200 500 12x12x10 44x34.2x26 22.5/45/67.5/90 10
SPGR

In-vivo Imaging (MICHAL 05)

lH 2D Coronal 2.4 1500 1020 6.25%6.4x7.5 40x37.5x29 30/60/90 1
SPGR

19F 3D Coronal 1.8 30 250 12.5x12.5x30 40x30x24 30/60/90 1
SPGR

9.3.2 Scan Protocol Development

Table 9-2 includes the sequences and imaging parameters used for in-vivo imaging
experiments for the protocol development phase (labelled S1, with volunteers actually imaged
with subject numbers 01,03,04,07-10,12,13,16,17) of the LIFT study at the Sheffield site, as
well as the final protocol used in reproducibility analysis in the second phase (labelled S2, with
volunteers actually imaged with subject numbers 02,03,05,8-20). Additional sequence
optimization experiments were carried out under the ethics of another study (MICHAL) with

two subjects M1 and M6 and imaging parameters listed in Table 9-3.
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9.3.3 Multi-echo imaging

There are restrictions on the minimum TR that can be used due to SAR and hardware
constraints, and the acquisition time is required to be short to lower TE and reduce T>" blurring
and signal loss. However, to maximize SNR in tissues or regions of higher T2", while not
compromising SNR in low T tissues/regions, multi-echo imaging (where multiple read-out
gradients are acquired for each TR as described in section 2.8.2) was explored. At
tissue/material interfaces the variations in magnetic susceptibility is highest, which indicates
that locations of ventilation defects within the lungs will have lower T2". Therefore, to clearly
identify these regions in %VV analysis the SNR of low T," regions should be prioritized. As a
demonstrative example Figure 9-2 shows the relative SNR that may be expected for different
levels of T2", with realistic parameters for °F imaging at 3T, using equation (2-53). The
variables TR and FA remain fixed such that only TE and BW affect the final relative difference
in SNR. The demonstrative example shows the benefits of multiecho-imaging for low T2"when
FA and TR are restricted to certain values. Therefore, the use of multi-echo and single echo

imaging is compared experimentally here in in-vivo imaging.

9.3.4 Anatomical *H scan

Sequences that have been employed previously in anatomical *H thorax imaging for the
purpose of segmentation include SPGR, b-SSFP, Turbo FSE or UTE SPGR (263). However,
due to restrictions on B1 and Bo homogeneity, as well as maximum power delivered to the dual
¥F/'H birdcage, only low FA SPGR or SPGR UTE may reasonably be employed. Relevant
relaxation parameters of lung parenchyma at 3T are T, ~ 0.85 + 0.1 ms and T; = 1002 +
82 ms (362), which influenced the choice of imaging parameters BW, TR and FA. There is an
expected \/WZ increase in SNR with 3D imaging vs. 2D SPGR imaging if each slice is acquired
sequentially, but also increased motion artefacts; all other parameters remaining constant. An
alternative is the use of 2D multi-slice imaging where individual slices are excited in an
interleaved fashion during acquisition of k-space.

For subject S1_01, ventilation and anatomical imaging was performed at TLC and FRC+1L
to determine if there were any differences in the resulting SNR with ventilation and anatomical
imaging. In future subjects all imaging was performed at TLC. 3D Imaging was performed
with a bandwidth that maximized the minimal TR of 4 ms, while FA was 30°. The FA was

larger than the optimum for most tissues to compensate for coil inhomogeneity.

204



»

[N}
T

singleecho (TE=175) | e |
—— multi-echo (TE=15/3.2/49) | e

RelativeSNR (a.u.)
(=] o o
=~ (=] (=] --
T

o
[X]

=]

o
N}
w
~
w0
o

"

o

- - -
N w EN
\

SNR Improvement

-
o

0 1 2 3 4 5 6
T*

Figure 9-2: a: Predicted relative SNR for multi-echo vs single echo imaging, with T,, = 2 ms for single echo and
T 4q = 1.5 ms for 3 echos, Tp:1=0.75ms and Tpe=0.2 ms. b: Predicted relative improvement using the multi-echo
sequence compared to single echo.

For subject S1_03 Both 2D and 3D anatomical imaging sequences were tested and compared
since they result in different contrast/SNR and have different potential artefacts of imaging
associated with them.

For subjects S1_04-08 a multi-echo 3D anatomical imaging sequence was considered as an
alternative to the single echo low BW sequence.

For subjects S1_09-13 a slice interleaved 2D sequence was tested since the resulting TR
could be increased allowing for greater longitudinal magnetization recovery resulting in
improved SNR compared to a non-interleaved 2D sequence.

In subjects S1_16-17 the slice interleaved 2D sequence was tested with increased bandwidth
and also employing a partial echo to determine if susceptibility artefacts could be reduced.
Additionally, a 3D sequence with reduced FA, increased BW and partial echo was tested for
the same reason; the resolution was also increased to attempt to reduce effects of partial-
voluming.

For the subject M6 subject three 3D sequences were compared: a multi-echo sequence, a low
bandwidth high FA (30°) sequence and a 3D sequence with low FA (12°), partial echo and
relatively high bandwidth.

For the subject M1 subject the low FA sequences was tested and compared to one with the
same with the FA increased to (12°), and same sequence with multiple echos. In addition, the

2D slice interleaved sequence was tested and compared with an additional echo.
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Anatomical images are compared qualitatively with comparison of slices in central, and
posterior and anterior slices. Images are also compared quantitatively by selecting a central

area of each slice and comparing the average SNR in anterior to posterior slices.

9.3.5 Ventilation '°F Scan Protocol Development

The Relevant relaxation parameters for sequence optimization of CsFs *°F imaging at 3T are
Ty~22msand T, = T, ~ 12.4ms (98, 126). For *°F imaging a b-SSFP sequence with a
short TR and high FA would result in highest SNR and best image quality. However, due to
restrictions on B; and Bo homogeneity, transmit efficiency and SAR by the dual *°F/*H birdcage
only SPGR with a larger than optimal TR to FA ratio was be considered.

For subject S1_01 ventilation imaging at two different inflation levels was compared. T

mapping was also performed at two different inflation levels (RV and TLC) with lower
resolution imaging to compare.
For subject S1_03 three ventilation scans were attempted with two marginally different
imaging parameters. For subject S1_04-12 a multi-echo (with higher imaging bandwidth) and
single-echo ventilation scan was attempted with equal breath-hold times. T>" mapping was
carried out with the multi-echo data after filtering data for sufficient SNR to fit. A comparison
of the SNR from all subjects was performed with the two sequences. For subject S1_04-8 T,"
mapping with a lower resolution imaging sequence was also carried out in the same breath-
hold as the spectral central frequency measurement sequence to determine if the result matched
those from the multi-echo ventilation scan.

For subjects S1_05/08 low resolution SPGR and SSFP imaging was carried out in the same
breath-hold to determine if with the non-optimal FA and TR required by SAR constraints any
benefit was obtainable with SSFP imaging. For subjects S1_09-11 FA mapping was attempted
in the same breath-hold as the spectral centre frequency measurement and a T1 mapping
sequence was attempted in a separate breath-hold to ideally combine the data from both and
allow for a better optimization of the ideal imaging parameters.

For subject S1_13 three different multi-echo sequences were tested and compared to the
standard single-echo sequence. For subjects S1_16-17, S2_02-08 and M6 the same ventilation
scan was performed 4 times with 3 compared to 4 averages of previous scans, while for M6 a
multi-echo sequence was also carried out in the same breath-hold as the spectral centre

frequency measurement.
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To ensure that a direct comparison made could be made between sequences in terms of SNR
without consideration of different levels of saturation of *°F in lungs 4 sequences were run
within the same breath-hold with the M1 subject.

Comparisons between different sequences were made quantitatively in terms of SNR
histograms within the masks of the segmented lungs and also qualitatively in terms of

comparison between edge definition on lung boundaries and around vessels.

9.3.6 Semi-Automated Registration and Segmentation

Registration of anatomical images to lung images was carried out by using a combination of
automatic and manual segmentation in the ITK snap program (387) to obtain a lung cavity
mask. Then, within MATLAB the affine transformation required to warp the masked inverse
of the anatomical image to the segmented and masked ventilation image was found by
maximizing the mutual information (385). The need for registration is demonstrated from the
overlap of signal in the ventilation and anatomical images observed in Figure 9-1 prior to
registration. Segmentation of lungs and calculation of %VV was carried out according to
previously described methods using a GUI developed within the POLARIS group (57). For
every group of ventilation images acquired from a single volunteer the ventilation images were
also registered to the same base image and then averaged, with the same registration and

segmentation process carried out on the combined image.
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Table 9-2: Imaging parameters for scans performed on volunteers as part of the LIFT study for phase 1

Measurement Sequence TE TR BW Matrix size FOV Prescribed Avg.
(ms) (ms) (Hz2) (pixels®) (cm?) FA (°)

Phase 1: Sequence Optimization 1
LIFT S101
Anatomical (TLC and FRC+1L) 3D SPGR 21 4.1 413 110x112x43 44x44x32.3 30 1
Ventilation (TLC and FRC+1L) 3D SPGR 1.98 7.0 499 40x32x25 40x32x25 50
T," mapping (TLC then RV) 3D SPGR 1:1:6 7.0 2894 33x29x13 40x35x29.3 26 12
LIFT S103
Anatomical 3D SPGR 21 4.1 413 110x112x43 44x44x32.3 30 1
Anatomical 2D SPGR 2.2 49 500 110x112x30 45x45x30 30 1
Ventilation 3D SPGR 1.74 75 499 40x32x25 40x32x25 45 4
(2) Ventilation 3D SPGR 1.87 7.0 499 40x32x25 40x32x25 50 4
LIFT S104
Anatomical Multi-echo 3D SPGR 1:1:3 4 1447 73X75x34 44x44x34 20
Anatomical* 3D SPGR 5.8 12 100 110x112x34 44x44x34 30
T," mapping 3D SPGR 1:1:5 7.0 2894 33x29x13 40x35x29.3 26 4
Ventilation Multi-echo 3D SPGR 13:1.4:41 6.0 962.6 40x32x28 40x32x28 45 4
(2) Ventilation? 3D SPGR 1.87 6.0 484 40x32x28 40x32x28 45 4
LIFT S105-08°
Anatomical Multi-echo 3D SPGR 1:1:3 4 1447 73x75x34 44x44x34 20 1
Anatomical 3D SPGR 1.88 4.0 485 110x112x33 44x44x33 30 1
T," mapping 3D SPGR 1:1:5 7.0 2894 33x29x13 40x35x29.3 26 4
Ventilation Multi-echo 3D SPGR 1.3:1.4:41 6.0 962.6 40x32x28 40x32x28 45 4
Ventilation 3D SPGR 1.87 6.0 484 40x32x28 40x32x28 45 4
SPGR-SSFP Same-breath 3D SPGR or SSFP 2.7 6.0 241 40x32x14 40x32x28 40 4
LIFT S109-12
Anatomical 3D SPGR 1.88 4.0 485 110x112x34 44x44x34 30 1
Anatomical 2D MS 2D MS SPGR 1.69 130 896 110x112x32 44x44x32 25 1
Ventilation Multi-echo 3D SPGR 13:1.4:41 6.0 962.6 40x32x28 40x32x28 45 4
Ventilation 3D SPGR 1.87 6.0 484 40x32x28 40x32x28 45 4
FA mapping Same breath® 2D MS 3.2 100 484 27x23x14 40x35x28 27/81 2
T1 mapping Same breath 3D SPGR 141 6.5 250 32x28x14 40x35x28  25/37.5/50 2
LIFT S113
Anatomical 3D SPGR 1.88 4.0 485 110x112x34 44x44x34 30 1
Anatomical 2D MS 2D MS SPGR 1.69 130 896 110x112x32 44x44x32 25 1
Ventilation 3D SPGR 1.87 6.0 484 40x32x28 40x32x28 45 4
Ventilation Multi-echo 3D SPGR 1.0:1.1:3.2 5 1378 40x32x28 40x32x28 375 4
Ventilation Multi-echo 2 3D SPGR 1.3:1.3:3.9 6 963 40x32x28 40x32x28 45 4
Ventilation Multi-echo 3 3D SPGR 1.1/2.4 4 963 40x32x28 40x32x28 28 6
LIFT S1 16-17 and phase 2 LIFT subjects
Anatomical (insp. and exp.) 3D SPGR 0.437* 4.0 2815 147x149x33 44x44x25 6 1
Anatomical 2D MS (partial echo) 2D MS SPGR 0.89* 100 1240 110x112x32 44x44x32 25 1
(4) Ventilation 3D SPGR 1.74 7.5 499 40x32x25 40x32x25 45
LIFT S1 16-17 exclusive
Anatomical 2D MS 2D MS SPGR 122 100 1240 110x112x32 44x44x32 25 1
Anatomical 3D SPGR 1.7 4.0 498 110x112x33 44x44x25 30 1

1. TE, TR and BW tabulated and used were not the intended, leading to overly long sequence (34 second) and resulting in artefacts

2. First ventilation image resulted in no °F signal

3. Ventilation images from S1 07 had no *°F signal

4. Not performed for S1 09

5. Signal in FA mapping proved to be too low for accurate results to be obtainable, likely due to too long pulse width and use of MS

sequence

* partial Fourier echo (60%)
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Table 9-3: Additional protocol testing performed as part of MICHAL ethics for protocol development of optimal

imaging parameters.

M6 — Test M2 protocol

Anatomical (insp. and exp.) 3D SPGR 0.437* 4.0 2815 147x149x33 44x44x25 6 1
Anatomical 2D MS (partial echo) 2D MS SPGR 0.89* 100 1240 110x112x32 44x44x32 25 1
(4) Ventilation 3D SPGR 1.62 75 499 40x32x25 40x32x25 45 3
Ventilation Multi-echo 3D SPGR 1.2:1.2:3.6 75 1086 40x32x28 40x32x28 45 3
Anatomical 3D SPGR 2.1 41 413 110x112x43 44x44x32.3 30 1
Anatomical Multi-echo 3D SPGR 0.85*:1.1:3 4 1240 110x112x25 44x44x25 6 1
M1 —F LIFT phase 2 H additional optimization

Anatomical 3D SPGR 0.437* 40 2815 147x149x33 44x44x25 6 1
Anatomical High Flip 3D SPGR 0.5* 4.0 2815 147x149x33 44x44x25 12 1
Anatomical High Flip (multiecho) 3D SPGR 0.5*%/1.1/1.8 4.0 2815 147x149x33 44x44x25 12 1
Anatomical 2D MS (partial echo) 2D MS SPGR 0.89* 100 1240 110x112x32 44x44x32 25 1
Anatomical 2D MS (multi echo) 2D MSSPGR  0.89*/1.94 100 1240 110x112x32 44x44x32 25 1
M1 — LIFT phase 2 *°F additional optimization

Ventilation 3D SPGR 1.74 75 499 40x32x25 40x32x25 45 3
Ventilation v2 (multiecho) 3D SPGR 1.53/3.4/5.3 75 667 40x32x25 40x32x25 52 3
Ventilation v3 (multiecho) 3D SPGR 1.2/3.1 5.5 667 40x32x25 40x32x25 30 4
Ventilation v3 (multiecho) 3D SPGR 0.96*/2.8/4.7 75 667 40x32x25 40x32x25 52 3
9.4 Results

9.4.1 Coil Characterization

The scattering parameters measured at the input of the two quadrature ports of the birdcage

coil are shown in Figure 9-3. At the H frequency a high reflection coefficient for both ports

was observed. The isolation between ports is also lower than ideal at the *°F frequency.
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Figure 9-3: S-parameter measurements within the scanner bore of the birdcage coil with a volunteer inside.

FA maps in a human shaped thorax phantom at the °F and *H frequencies are shown in

Figure 9-6 along with receive sensitivity maps according to (2-50)). The homogeneity at the

%F frequency is much better than at the *H frequency. The receive sensitivity is particularly

inhomogeneous with the sensitivity at the anterior being less than 20% of that in the centre.
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Figure 9-4: FA and receive sensitivity maps in human torso shaped multinuclear phantom for *H and °F.
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Figure 9-5: FA and receive sensitivity maps in-vivo for *H anatomical and '°F ventilation imaging.
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9.4.2 Semi-Automated Registration

Results of registered representative ventilation/anatomical images are shown in Figure 9-6
for different cases of phase 2 subjects. In the before registration images regions are highlighted
where the ventilation images do not overlap exactly with the lung cavity in anatomical images.
It is clear from these examples that registration is necessary for correction or incorrect
alignment will lead to unreliable %VV and lung volume calculations. The images after
registration, where the anatomical images are warped, demonstrate the improved matching with

between the anatomical and ventilation images.
a S2 05

Before

Figure 9-6: Ventilation images overlaid anatomical images before and after registration for LIFT subjects a:
S2_05, b: S2_12 and c: S2_17. Purple regions encircle areas where the ventilation images extend past the lung
cavity in anatomical images and green regions encircle areas where the lung cavity is apparent in anatomical
images but not matched by ventilation.
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9.4.3 2D Imaging Optimization

The comparison of central SNR between 2D MS and 3D imaging for subjects S1 09-12 is
shown in Figure 9-7. With nearly identical resolutions, the MS sequence has similar SNR to
the 3D images, but it is lower in the anterior. The FA for the MS sequence is nearly the optimum
for lung parenchyma. However, because of the inhomogeneity in the RF field there is nearly a
7-fold difference in SNR between the central region of the body and the anterior. On the other
hand, the vessels and tissue interfaces are much clearer with 2D MS imaging. Based on results

in the three volunteers shown *H image SNR was repeatable between different volunteers.
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Figure 9-7: a: The SNR for 2D MS and 3D imaging in slices throughout the body. Also shown are b: SNR scaled
images in anterior, posterior and central slices overlaid with ventilation images prior to registration.

The resulting SNR and images using a 2D MS sequence, with a single partial echo or with

two echoes combined by sum-of-squares, is shown in Figure 9-8. Susceptibility related signal

212



nulls around the ribs and other regions were eliminated with the multi-echo combination.

Additionally, SNR was nearly doubled throughout the body.
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Figure 9-8: The SNR for 2D MS imaging in slices throughout the body (MICHAL 01) with or without the
combination of multiple echoes. Also shown are b: SNR scaled images in anterior, posterior and central slices
overlaid with ventilation images prior to registration.

9.4.4 3D Imaging Optimization

The comparison of 3D imaging with two different strategies are shown in Figure 9-9. The
lower FA and partial echo imaging results increased in increased SNR in this case.
Susceptibility related contrast between ribs and tissue interfaces is introduced in higher FA

imaging due to longer TE as well.
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Figure 9-9: The SNR for 3D imaging in slices throughout the body (subject S1 16) with different FAs, but same
resolution, and a partial echo with the lower FA. Also shown are b: SNR scaled images in anterior, posterior and
central slices overlaid with ventilation images prior to registration.

A comparison of 3D imaging sequence with 12° FA (intermediate between 6° and 30°) and
6° FA, is shown in Figure 9-10. The same 12° FA sequence performed with multiple-echoes
and sum of squares combination is also shown. The sum of squares combination has the
benefits of the higher FA imaging, with higher overall SNR. In addition, the strong signal

variation at tissue interfaces and around regions such as the ribs or spine present in the first
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echo was reduced. Nearly triple the SNR was obtained with the multi-echo imaging with
reduced signal nulls around the ribs and spine.
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Figure 9-10: a: The SNR for 3D imaging in slices throughout the body (MICHAL 01) with different FAs, but
same resolution, and with the combination of multiple echoes with the higher FA sequence. Also shown are b:
SNR scaled images in anterior, posterior and central slices overlaid with ventilation images prior to registration.

9.4.5 Ventilation Scans in Protocol Development Phase

SNR histograms and representative slices from the volunteers recruited in the first phase of
LIFT are shown in Figure 9-11. In single-echo images blurring may be more visible near the
diaphragms and regions of signal dropout are larger around pulmonary vessels, which may be
due to T2" dependent signal decrease and k filtering due to the lower BW. In two of the eight
volunteers (S1_04/11) the single-echo image had greater SNR than the multi-echo, but the large

intersubject variability makes any definite conclusions difficult.
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Figure 9-11: SNR histograms for ventilation images obtained from subjects S1_04-13 are shown for the a: single

echo or b: multi-echo ventilation sequences employed. Also, c: a central representative slice is shown for the
subjects.
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9.4.6 T2 Analysis

T." maps and histograms are shown in Figure 9-12. The distribution remains similar across
all healthy volunteers, indicating that it may be a repeatable and reproducible metric for normal
lungs. The mean varies amongst volunteers, which may be influenced by the following factors:
inflation level, volunteer size, gas mixture saturation in the lungs and physiology. However,
the standard deviation, expressed as a percent, remain similar, while also being large relative
to the mean. The values obtained either with the higher resolution or the lower resolution
imaging, in a limited number of volunteers, are consistent considering differences in inflation
level. Due to the broad nature of the distribution it may be more beneficial to optimize imaging

for T," values at the lower end of the range.
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Figure 9-12: a: Histograms of the fitted T," in different LIFT volunteers during phase 1 protocol development are
shown normalized to the mean and standard deviation. b: The T," maps in anterior central and posterior
representative slices are shown obtained from b: the filtered multi-echo ventilation scans and c: the lower
resolution with greater number of echoes.
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The SNR histograms from three different ventilation sequences obtained in a single breath-
hold (see Table 9-3) are shown in Figure 9-13. Since the imaging was performed in the same
breath-hold differences in SNR and image quality can be attributed to just the sequence
parameters. It is encouraging that the histograms remain similar. The single echo sequence has
the lowest SNR, but it is close to that of the multi-echo v2. However, this multi-echo sequence
has a lower TE and higher BW, as well as smaller FA (shorter RF excitation pulse width).
Therefore, in addition to being a lower SAR sequence it is more robust to differences in the RF
excitation frequency and should have a greater signal in lower T," regions. The multi-echo v1
(most similar to previously used sequence in phase 1 ventilation scans) and multi-echo v3 have
approximately 50% higher mean SNR than the single-echo ventilation image, with the result
that the outermost anterior slice would be more easily segmentable in the region with high
signal drop-off. The multi-echo v3 sequence utilizes a partial echo, which allows a much lower

TE, but means the determination of T." more complicated and results in blurring.
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Figure 9-13: a: SNR histograms of the single echo sequence used in phase 2 imaging, different multi-echo
ventilation scans acquired in the same breath-hold and b: SNR maps of representative slices.
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9.4.7 %VV and SNR reproducibility

Table 9-2 summarizes the results of global %VV and TLV from segmentation of
ventilation/anatomical scans in healthy volunteers for phase 1 and phase 2. The TLV can vary
up to a litre within the same volunteer in different breath-holds. Also, the combined image
appears to usually result in a slightly large TLV, due to increased SNR allowing more pixels
to be included in the segmentation. The %VV is generally above 96% and in higher SNR
ventilation scans is generally >98.5%. The %VV from the combined images is greater than
individual ventilation scan due to regions of low signal being included as well as some potential
blurring introduced during registration and averaging.

Figure 9-14 shows SNR histograms for the volunteers that received identical anatomical and
ventilation imaging according to the phase 2 protocol. Between different ventilation scans for
the same volunteers the SNR histograms remain nearly identical, except the SNR of the first
ventilation scan in subjects S1_02, S2_03 and S2_08 are slightly lower than the rest in the same
volunteer. This is indicative of the volunteers having greater compliance with the breathing
protocol after the first ventilation scan, in some cases. Pixels with SNR less than 3 are mostly
not included within the resulting segmented image mask, but since the combined images still
include pixels at this level the SNR in some regions of the lungs may be too low to be detected.
Figure 9-15 shows the relationship between ventilation image SNR and final %VV after
segmentation. In the region indicated “Low SNR” there is a decline in the measured %VV for
many scans bringing the value below the 97% line that may be considered as the threshold for
healthy lungs. This demonstrates that if the median image SNR decreases below ~7.5 (with
the related SNR inhomogeneity with the specific image set-up used here) regions of low signal
become indistinguishable from volume defects resulting in decreased apparent %VV. As only
healthy volunteers were scanned it is expected that all %VV values should be greater than 97%.

217



= = = = - - = - -
SONPOOSONPNOSONPNINZONPOXRZONPRIRSONPRIRGONPOIRgONPO®G

oo ®

s

51_16

vent1

5

5

10

10

15 20
_S1_17

15 20
S2_02

25

25

30

Frequency
(%)

10

15 20
SNR

75

30

-
o
omn oo

combined

coNko®

onbkoom

onNkoO®mg

o

(=3

onNbhoo

o

onNbh oo

15 20 25
. S2_1

5

10

oMb GONRD®G

o

5 10 15 20 25 30

Frequency
(%)

»cmhmm

Figure 9-14: SNR histograms and representative slices for all LIFT volunteers.
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Table 9-4: Global Values of %VV and TLV measured for healthy volunteers participating in the LIFT study.

Scan  [%VV|TLV| Scan [%VV|TLV|SNR| Scan [%VV|TLV[SNR| Scan [%VV|TLV|SNR
LIFT S101 LIFT S116 LIFT S210 LIFT S2 17
Ventl 97.8 | 6.1 |Ventl 99.1| 7.1 10.7 [Ventl 95.0| 6.5 6.4 [Ventl 98.0 | 5.5 (12.0
Vent2 98.9 | 7.6 Vent2 98.9 | 7.2 [10.7 Vent2 98.6| 6.3 [7.2 |Vent2 98.3 | 5.5 |12.6
Combined | 98.8 | 7.9 [Vent3 99.0| 7.1 |10.9 [Vent3 98.9| 7.0 [7.6 |[Vent3 98.7 | 5.4 |12.7
Vent4 99.3| 7.2 10.8 |Ventd 98.3| 6.5 [6.1 [Vent4 98.2 | 5.6 |13.0
combined | 99.6 | 7.3 [21.1 |combined [ 98.9 | 7.1 [13.4 combined | 98.7 | 5.6 |25.6
LIFT S103 LIFT S117 LIFTS211 LIFT S2 18
Ventl 98.4 | 9.1 |Ventl 99.6 | 52 [11.3|Ventl 99.3 |82 8.8 [Ventl 99.7 | 6.4 |10.3
Vent2 99.5| 9.1 Vent2 99.6 | 5.0 [11.5 |Vent2 97.7 | 8.4 18.1 Vent2 99.2 | 6.2 |10.4
Combined | 99.4 | 9.6 [Vent3 99.2 | 5.4 12.3 Vent3 97.6| 8.1 18.7 Vent3 996 | 6.3 |10.2
Vent4 99.0 | 5.7 [11.9|Vent4 97.2 | 8.4 |8.6 |Vent4d 97.6 | 6.4 |10.7
combined | 99.7 | 5.8 [23.7 [combined | 98.4 | 8.7 |17.0|/combined | 99.5 | 6.4 |20.8
LIFT S104 LIFT S2 02 LIFT S212 LIFT S219
Ventl 95.1 | 4.7 Ventl 90.9| 46 4.6 |Ventl 98.8 | 7.0 [12.6|Ventl 92.4|4.0|6.9
Vent2 99.0 | 4.5 |Vent2 96.8 | 5.6 |6.7 [Vent2 99.2 | 6.8 |11.4 |Vent2 85.1[3.9|6.4
combined | 98.3 | 4.6 [Vent3 97.1| 55 6.3 [Vent3 995 | 6.7 |12.0[Vent3 936|401|7.6
Vent4 97.6| 54 6.4 |Vent4 99.5 | 6.6 9.0 [Vent4 96.2 4.2 (7.1
combined | 98.2 | 6.2 [10.4 [combined | 99.9 | 6.9 [24.2 |combined | 99.2 | 3.8 [12.0
LIFT S105 LIFT S2 03 LIFT S213 LIFT S2 20
Ventl 98.2 | 5.6 |Ventl 95.0| 6.7 4.2 |Ventl 99.3 | 6.4 [15.1|Ventl 98.6|55|7.0
Vent2 99.6 | 6.2 |Vent2 93.6| 7.2 6.1 |Vent2 99.0 | 6.6 |14.6 |Vent2 99.1|5.6|7.2
combined | 98.6 | 5.6 combined |98.0| 7.5 [7.2 [Vent3 995 | 5.7 |15.4[Vent3 84.0(59 (4.2
\Ventd 99.6 | 6.2 [16.0|Vent4 90.4 | 5.8 |3.7
combined | 99.3 | 5.3 [27.6 combined | 98.8 | 6.0 |12.5
LIFT S109 LIFT S2 05 LIFT S2 14
Ventl 99.7 | 4.9 |Ventl 97.7| 43 8.1 |Ventl 98.8| 5.0 |14.4
Vent2 91.8 | 5.2 |Vent2 98.3] 42 9.4 |Vent2 988 5.313.3
combined | 99.6 | 4.8 |Vent3 98.1] 4.1 8.9 [Vent3 99.2 | 49 |13.5
Vent4 97.9| 4.2 9.0 |Vent4 99.4 | 4.8 |13.9
combined | 98.8 | 4.8 [16.6 [combined | 99.2 | 5.0 |28.3
LIFT S111 LIFT S2 08 LIFT S2 15
Ventl 99.7 | 4.8 Ventl 995 | 5.8 9.4 [Ventl 9961|3999
\vVent2 99.4 | 3.9 Vent2 99.4 | 6.0 [11.2 [Vent2 99.5 | 3.6 |10.5
combined | 99.2 | 4.8 |Vent3 99.2 | 5.8 [11.2 [Vent3 991137185
\Vent4 99.6 | 6.0 [10.7 [Vent4 97213473
combined | 99.5 | 6.3 [19.0 (combined | 99.7 | 4.2 |18.2
LIFT S113 LIFT S2 09 LIFT S2 16
\Ventl 98.3 | 6.9 [Ventl 97.9 | 7.7 8.0 |Ventl 99.6 | 6.1 |15.1
Vent2 96.7 | 6.4 |Vent2 96.3 | 7.2 [8.3 |Vent2 99.5 | 6.1 [14.2
Vent3 97.9 | 6.8 [Vent3 94.5 | 7.4 8.0 |Vent3 99.5 | 6.2 |14.0
Vent4 94.6 | 6.6 |Vent4 98.0 | 7.1 [8.6 |Vent4 99.3 | 6.3 [13.3
combined | 98.0 | 7.5 [17.0|combined | 99.8 | 5.7 |29.4
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Figure 9-15: %VV with SNR for the analysis of different ventilation scans from healthy LIFT volunteers

9.5 Discussion

Through the development phase of LIFT study 'H ventilation scans were optimized under
the constraints of SAR and coil inhomogeneity. The worse homogeneity at the *H frequency
compared to °F could be partially due to dielectric focusing effect not seen in gases. The
resulting 3D *H scan employed for phase 2 has been found to be able to be segmented easily,
though effects of partial-voluming and low signal/contrast in the anterior are non-ideal. Some
improvements with slightly increased FA and the combination of multiple echoes have been
demonstrated: triple the SNR in anterior parts of the body and reduced regions of signal null.
In addition, the use of a second echo in 2D imaging was found to eliminate issues of
susceptibility related signal dropout for greater contrast between tissue and the lung cavity,
while also more than doubling SNR in the anterior.

For F imaging close to optimal FA can be prescribed for 3D SPGR imaging with a TR of
7.5 ms, but due to the low T," the full acquisition time cannot be utilized without introducing
blurring. The use of a multi-echo sequence was shown to maximize SNR, while also allowing
measurement of the T,", which may be relatable to physiological difference between healthy
vs. diseased lungs. It was observed that an average 50% higher SNR could be gained compared
to the currently employed phase 2 single-echo ventilation sequence, while reducing the readout
acquisition time of individual echoes.

Currently, except in cases where ventilation SNR is low, segmentation and measurement of

%VV in healthy volunteers appears to be reproducible. It still needs to be determined if SNR
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with volunteers that have lung disease will be lower due to lower levels of gas saturation after
three breaths or changes in T," from fibrosis, emphysema, or differences in lung physiology.
Measurements here are performed at TLV as it is the most reproducible lung inflation level,
but since the appearance of VDP is reduced in TLV it will need to be determined if this affects
the correlation of measured %VV compared to HP gas imaging that has typically be performed
at different inflation levels. The variability of T,", variation in FA and receive sensitivity with
volunteer size and the level of saturation of the gas mixture in the lungs results in different
SNR in different volunteers. However, it appears that the assessment of healthy lungs in terms
of %VV remains possible. For the volunteers scanned one resulted in no ventilation scans being
obtained, and two during phase 1 had low SNR resulting in no usable ventilation scans for
segmentation. In phase 2 two of four ventilation scans from one volunteer were of sufficient
SNR to be usable, but all others scans from volunteers were able to be used for segmentation.
The resulting %VV is repeatable between the different ventilation datasets in each session
providing SNR is high enough. The SNR between different volunteers appears to be highly
variable, which may correlate with the high variability in the mean T>" found in mapping with

different volunteers.

9.6 Conclusion

In a number of healthy subjects imaging has been optimized for %VV analysis with CzFs gas
MRI at 3T under the constraints of the study and imaging set-up. The evaluation and
repeatability of performing %VV analysis in a number of healthy volunteers has been
established. It remains to perform the same analysis in a cohort of volunteers with known
respiratory conditions to evaluate the robustness and repeatability of CsFg MRI at 3T in a

clinical population.

221



Chapter 10: Conclusion and Future Directions

Fluorinated gas imaging (CsFs, C2Fe SFs etc.) has been shown to be feasible for producing
lung ventilation images, but they are of lower quality than those obtained with HP gas imaging.
This thesis investigated methods optimizing and improving of fluorinated gas MRI imaging.
In addition, in-vivo MR parameters and image based methods of quantifying lung function
with fluorinated gas imaging were characterized in healthy volunteers. The following current
challenges of fluorinated gas ventilation imaging were addressed: the optimization of imaging
sequence methods considering the particular MR parameters of CsFs, the challenges involved
in grouping radio frequency (RF) detector coils capable of imaging (*H) and fluorine (**F)
nuclei and the comparison of ventilation criteria obtained via *°F ventilation imaging vs. HP
gas imaging.

In the progress of this thesis various RF coils were developed to be wearable and target the
thoracic lung region for imaging both *°F and *H. In Chapter 3, a single transceive coil was
described that utilized a microelectromechanical system (MEMS) switches to shift the
resonance between °F and *H. The key figures of merit for the MEMS switch and more
commonly employed PIN diode were compared: power handling capability, ESR and final
impact on coil performance. It was determined that both devices operated effectively, while the
PIN diode still has benefits in terms of ease of use interfacing with the system and lower ESR.
At the same time, it was found that the receive sensitivity was not adversely affected by the
coil being mismatched at the H frequency, although transmit efficiency was decreased.
Therefore, for the purpose of imaging both *H and °F nuclei the benefit of including dual
tuning was marginal considering the additional complexity introduced, since a higher input
power may often be employed. For this reason, in the additional coil designs presented in this
thesis, and in future work, the use of a coil tuned to the °F frequency may reasonably be used
for many applications including *H imaging assuming a reasonably low loaded Q-factor (and
resulting wide bandwidth).

In Chapter 4, an 8-element transceiver coil utilizing MEMS to shift the individual elements
between receive and transmit modes was designed and evaluated. In addition, this design was
modified with an additional 6 receive-only loops to improve receive sensitivity. Simulation and
imaging results with this array demonstrated a 2-3 fold increase in mean SNR throughout the
lungs, and that in central portions of the lungs (near the heart) >75% of the uSNR was achieved.
Furthermore, the transmit homogeneity was sufficient for the sequences employed throughout
this thesis and those expected to be used routinely in '°F lung imaging. Thus, future
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modifications of coil design to improve image quality are restricted by theoretical
considerations of the uSNR, so the quality of imaging performed will likely not exceed those
presented in this thesis by any considerable amount.

A coil with identical geometry employing PIN diodes to switch LC traps resonant at the *°F
frequency during transmit and receive states was constructed. Due to the broadband nature of
the MEMS switch a higher isolation between Tx/Rx states was achieved at the *H frequency
compared to the PIN diode design, however it was found that the lower isolation did not result
in any damage to the preamplifiers, or measurably affect the transmit performance. This may
be attributed to the distributed nature of the power delivery for the 8-element array and the
matching system employed. Thus, the PIN diode design was employed in subsequent imaging
studies due to the greater ease of use. In a similar manner that the results of Chapter 3
demonstrated that re-tuning a single transceive coil between °F and H frequencies have
limited benefits, Chapter 4 demonstrated that appropriate transceive array designs may
eliminate the need for broadband detuning, so that arrays of coils may be used for both
frequencies in the future.

Improvements in receive sensitivity with improved coil design were shown to be limited in
Chapter 4, but it was also observed that improvements in SAR performance, transmit
homogeneity and volunteer comfort could be achieved. Therefore, in Chapter 5, a 6-element
transceiver/ladder array using a novel method of resonator design for improved transmit field
homogeneity and efficiency was described. In comparison to the coil array described in
Chapter 4 the transmit homogeneity was improved and SAR was reduced for an equivalent
input power, while detachable arm straps and a larger volume improved the practical
considerations of comfort and ease of use. However, the receive sensitivity was decreased by
an amount commensurate by the reduced number of receive elements. This could be remedied
by the addition of a receive only array as with the design of Chapter 4. The design of this coil
explored an alternate method of asymmetric tuning/excitation of the ladder structure, which
required a new formalism to solve the mesh equations of a ladder coil. As such, this new
theoretical framework may be employed in future designs of RF resonator structures within
MRI, and perhaps in other fields.

In MRI the sequence used for encoding the imaging data is essential for optimizing the SNR
and contrast between tissues. Thus, in Chapter 6 the use of “steady-state free precession”
sequence for CsFg imaging was optimized by both simulation and experimental validation,
through both phantom and in-vivo imaging. Due to the requirement of high FA and low TR

SAR constraints were a limiting factor for in-vivo imaging. In fact, for in-vivo imaging an
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improvement in SNR over SPGR imaging by nearly a factor of 2 was demonstrated at 1.5T,
but not at 3T, due to safety constraints of power deposition. This has important implications in
determining the optimal field strength to perform °F ventilation imaging. The improvement in
SNR with SSFP is close to the increase expected with the higher field strength of 3T vs. 1.5 T.
Also, at 1.5T the T is higher, allowing for a further relative greater SNR at 1.5T. However,
for various methods of parameter mapping that employ SPGR imaging, with higher TRs, 3T
imaging still has a higher base SNR. Additionally, the use of the SSFP sequence at 1.5T
introduces the potential for artefacts. Therefore, future comparisons of imaging and parameter
mapping at the two field strengths are still required, with T>" mapping to be performed at 1.5T
comparable to those presented in Chapter 6 at 3T.

Chapter 7 details the investigation of methods of acquiring and reconstructing sparsely
sampled k-space data for °F ventilation imaging. Initially, retrospective simulation was carried
out with a HP He high-resolution 3D imaging data-set obtained with a single transceive coil
and comparing an established method of reconstruction to a newly developed one. The results
of this simulation showed that AF should remain lower than 2-3, that there is an optimal AF
and resolution associated with a given SNR and that for the range of SNR expected with *°F
ventilation imaging a high degree of error is expected compared to the high-resolution of HP
gas imaging. However, it is difficult to apply the results generally to the '°F ventilation imaging
carried out within this thesis due to the different in contrast with '°F vs. HP gas imaging and
since receive arrays were primarily used in imaging.

This limitation in the analysis was partially overcome by first developing 3D printed lung
phantoms to perform prospective experimentation with, then performing *°F sparsely sampled
in-vivo imaging with receiver arrays. Results obtained from prospective analysis of images
with the 3D lung phantoms corroborated those of the retrospective simulations. Also, the
sparsely sampled in-vivo data appeared to be visually superior to low-resolution images
obtained with equivalent imaging times, but there was no way to obtain an objective measure
without a baseline fully sampled image to compare to.

To overcome the limitations of the research presented in Chapter 7 four significant
improvements to the methodology should be done in future work.

e High resolution HP gas images should be obtained using an array with comparable
element count to that used with '°F imaging for retrospective simulation.
e Fimaging should be performed with an improved and more realistic lung phantom

using an array of receivers for prospective analysis.
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e The two reconstruction methods already proposed in Chapter 7 should be compared
to the more recent variations of SPIRIT.

¢ In-vivo sparse imaging should be performed with HP gas imaging to compare to the
fully-sampled data by the same reconstruction methods, which will contribute to the
validation of the sparsely sampled *°F in-vivo data.

Although the proposed improvements would greatly improve the reliability of the results,
and provide greater insight into the optimal reconstruction method for an array of coils, some
of the key results may be applied to future *°F ventilation imaging. Specifically, sparse
sampling does result in some improvement in image quality over simple Cartesian lower-
resolution imaging, AF should be restricted to <2-3, and different reconstruction strategies
result in comparable image quality.

The preliminary results of two research studies exploring ventilation metrics obtained by *°F
ventilation imaging are also described in this thesis.

Presented in Chapter 8, healthy volunteer participants of a study were scanned with CsFg
¥F and HP 12°Xe and measured metrics of ventilation and diffusion were compared. The results
presented in this chapter were achievable largely as a result of the progress presented in the
previous chapters. The use of SSFP imaging, in addition to the use of coil arrays, allowed
ventilation imaging with 10x10x10mm? resolution to be obtained at 1.5T with SNRs higher
than that obtained at 3T. This allowed segmentation and %VV analysis to be carried out with
a number of volunteers, demonstrating consistent results that were comparable to %VV
obtained with HP *2°Xe ventilation scanning. In addition, the improvement in SNR obtained
with the coil arrays permitted the mapping of ADC in healthy individuals, which would not
have been possible with the resolution used otherwise, since the SNR obtained was near the
border of the range acceptable for accurate analysis regions of the lung. The *°F ADC mapping
was also found to be comparable to ?°Xe ADC mapping, but with reduced sensitivity to
changes in lung physiology due to lung inflation, attributed to the lower diffusion coefficient.
Furthermore, the mapping of T1 at the resolution used would not have been achievable without
the improved SNR, since the accuracy of the variable flip angle method is highly SNR and FA
dependent.

In Chapter 9, imaging parameters with *°F at 3T were optimized, and a cohort of healthy
volunteers were scanned and %VV analysed. This study was performed in collaboration with
Newcastle University, but results presented and analysed here are those obtained at the

University of Sheffield. The first phase of the study involved sequence optimization and a
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number of easily implementable proposed improvements over the initial tested sequence
parameters were derived. Since the TR is restricted for proton imaging, and a low TE is desired
to reduce susceptibility artefacts and improve the SNR of lung parenchyma, the use of multi-
echo imaging is recommended to improve the SNR and segmentability of images for single
breath-hold images. Furthermore, the use of multi-echo imaging was also found to improve the
SNR of °F ventilation imaging by 50% by optimizing the dead-time required by constrained
TR length and lowering the echo time of the first echo, while allowing for T," mapping as a
valuable source of physiologically related data to be analysed. The use of higher than optimal
mean FA for lung parenchyma was deemed to be beneficial for final image quality due to the
inhomogeneity of the coil, and in combination with multi-echo imaging resulted in nearly triple
the SNR in regions critical for successful segmentation. These proposed improvements were
not implemented in the final protocol, but may be beneficial in future studies. As a result of the
methods developed in Chapter 8, changes to the protocol where continual imaging is
employed as the volunteer breathes from the bag would allow for FV to be obtained along-side
T." maps and ventilation scans with improved SNR.

The second phase of the study detailed in Chapter 9 involved testing the repeatability of
ventilation imaging in terms of SNR and inter-operator based calculation of %VV from
multiple scans in the same session with healthy volunteers. Based on the analysis presented the
SNR remains consistent across the multiple scans for each volunteers, but there is high
variability between individuals. For healthy individuals the %VV calculated is >97%, but some
reduction in %VV is noted in multiple volunteers in the anterior portion of the lungs due to low
SNR. This is remedied when the images from multiple scans are registered and averaged
together, which is post-processing step that may be useful for future 1°F imaging because of
the ease of performing multiple breath-hold scans. Overall, the result of high %VV in healthy
individual is not unexpected, and the most interesting results are expected to come from
comparison to imaging performed on volunteers with known respiratory conditions. This will
be done in future work in phase 3 of the study and comparison to previous studies with HP gas
imaging may also be made.

The results presented in Chapter 8 and Chapter 9 are very encouraging for future °F gas
lung research. It was established that consistent values of ventilation and parameter mapping
are obtained in healthy volunteers, and that many scans may be performed efficiently in the
same imaging session. As such, the work presented here will promote fluorinated gas MRI as
a viable method of ventilation imaging that is complementary to HP gas MRI. Furthermore,

the advantage of '°F imaging is that these results may be obtained in a reduced scan time, and
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with reduced cost compared to HP gas imaging, due to the immediate availability of TP gas.
However, the clear downside with °F imaging is reduced sensitivity compared to HP gas
imaging. The results presented in this thesis are at the boundaries of what may be achieved
with 1°F imaging, since the coil design and sequence optimization performed were shown to be
approaching theoretical limits. Therefore, future work will focus on establishing what the
sensitivity of the fully optimized ‘°F ventilation imaging and parameter mapping (T2", T1, ADC
and FV) is to observable differences in diseased lungs, and determining whether the sensitivity

is enough to be useful either clinically or as a research tool.
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