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Abstract

The rotating B0 linac-MR is a new type of radiotherapy treatment machine that com-

bines radiation delivery from a linear accelerator (linac) with a magnetic resonance

imaging (MRI) system for real-time tumour tracking. This kind of combined technol-

ogy aims to achieve tighter margins in cancer treatments with better tumour control

and reduced damage to healthy tissue.

A combination system like the linac-MR still requires receive radio-frequency (RF)

coils to capture MRI images before and during the treatment. All of the standard

requirements, like high efficiency coils for high SNR images, apply for RF-coils for

the rotating B0 linac-MR. In addition, two additional design hurdles need to be

considered: one, if RF-coils are in the path of the radiation beam, they will interact

with the radiation to increase the radiation dose to the skin, and two, specific to the

Alberta linac-MR design, the shared gantry of the main magnet and linac means the

orientation of B0 will change as the treatment beam angle changes, which also changes

the orientation of the MRI’s signal detection plane. RF-coils must be sensitive to this

plane through 360° of linac rotation.

In this work the impact on surface dose due to copper and aluminum conductors

of various thicknesses is investigated. The surface dose increase due to aluminum is

three times lower than with copper of the same thickness. The increase in surface

dose is determined to be linear with thickness below 25 micrometers. Beyond this,

the surface dose increases more slowly and non-linearly with increasing thickness of

conductor.

A further investigation looked at the resulting image quality penalty in terms of
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signal-to-noise ratio (SNR) when using thin aluminum and copper conductors. This

work investigates the practical limits for using thin conductors in RF-coils for the

linac-MR. This work includes an experimental verification of the relationship between

bench measured coil efficiency and the achieved image SNR, which is relevant in a

variety of novel coil applications.

The second challenge, the rotating B0, is investigated through a proposed solution

which combines three orthogonal RF-coils into a three channel array. A single turn

coil is combined with two figure-eight or butterfly coils. The butterfly coil consists

of two D-shaped loops connected in parallel across a capacitor. The three coils are

stacked in a pancake arrangement, with the two butterfly coils rotated 90° with respect

to one another. The stack sits in the transverse plane adjacent to the patient and

the butterfly coils are thus sensitive to the transverse plane. The vertical butterfly

coil is primarily sensitive to magnetization along the patient anterior-posterior (AP)

axis, while the horizontal butterfly coil is sensitive to magnetization along the patient

left-right (LR) axis. The single turn coil is primarily sensitive to magnetization along

the patient superior-inferior (SI) axis.

This array approximately maintains uniform SNR across all gantry angles (θ)

of the rotating B0 linac-MR, where the magnetic field B0 rotates in the patient’s

transverse plane. Consequently, the SI axis is perpendicular to the transverse plane

at all gantry angles and the magnitude of the component of transverse magnetization

along the SI axis is also the same at all gantry angles. The signal received by the

single turn coil is therefore constant across gantry angles. Each individual butterfly

coil, however, will perform best when B0 is perpendicular to its sensitive axis and

worst when B0 is parallel. The performance varies as the cross-product of B0 and

the sensitive axis: cos(θ) for the horizontal butterfly coil and sin(θ) for the vertical

butterfly coil. Due to the identical structure, but 90° rotation of the two butterfly

coils, the root sum of squares of the two butterfly coils is constant with θ. The sum

of the two butterfly coils gives the component of magnetization in the transverse
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plane, thus combining it with the single turn coil, the array achieves quadrature-like

reception with constant SNR at all gantry angles.

This work thus describes several essential elements of surface coils and surface

arrays for the linac-MR. It describes how interactions between the radiation and the

coils can be reduced without sacrificing image quality and how a combination of coils

with orthogonal sensitive axes leads to uniform SNR across gantry angles in a rotating

B0 linac-MR.
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Chapter 1

Introduction and Background

1.1 Cancer

Cancer is the leading cause of death in Canada[1]. It impacts all of us, whether it is a

personal experience or that of a family member. Approximately two in five Canadians

will get cancer at some point in their life and one quarter of Canadians will die as a

consequence of their cancer[2]. Cancer is a grouping of various diseases, with diverse

underlying causes with the common manifestation of uncontrolled cellular growth[3].

Cancer impacts all demographics, from children to the elderly, across the spectrum

of individual diversity[2].

Cancer treatment focuses on trying to eliminate cancer cells or arresting their un-

controlled growth. Identified solid growths of cancer cells are called tumours. Cancer

can also be found diffusely throughout a patient, for example blood cancers typically

don’t form large solid tumours[3].

The challenges of cancer are detection, diagnosis, and treatment. Detection occurs

during regular medical check-ups, or when a patient shows tumour symptoms arising

from disruption of normal tissue and organ function. Diagnosis is typically validated

through biopsy to confirm that the tumour or diffuse cellular growth is cancerous.

Treatment usually consists of some combination of surgery, radiation therapy, and/or

chemotherapy.

The goal of cancer treatment is to force the cancer into remission, which is when a
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patient no longer experiences significant symptoms of the disease. The high 10 year

survival rate of some cancers (90% for prostate and 82% for female breast) speaks to

the strength of the expertise and technology that are now available. However, it is

clear that improvements in treatments are needed; for example, lung and bronchus

cancers, the second most common cancers, come with a crushing prognosis: a 10 year

survival rate of only 15%[4].

1.1.1 Cancer Imaging

Cancer imaging is a dynamic and evolving field. Having quality images for treatment

planning is absolutely essential for radiotherapy. It is vital for detection and treatment

of cancer, and plays an important role in diagnosis as well. Magnetic Resonance

Imaging (MRI) plays an increasingly important role in cancer treatment. It is used

alongside other modalities like Computed Tomography (CT) and Positron Emission

Tomography (PET) to identify and locate cancer in the body, and distinguish it from

healthy tissue.

MRI is valuable because it is non-invasive, does not use ionizing radiation, and

offers a range of contrast mechanisms for soft tissue imaging. It is used to detect

suspected cancers and aid in diagnosis of cancers based on the appearance of ab-

normalities[5–7]. MRI can also be used alongside CT to delineate the tumour from

healthy tissue for planning surgery or radiation therapy[6, 8–10]. MRI further plays an

important role in evaluating treatment response, such as determining tumour shrink-

age or detecting recurrence months and years following treatment. New approaches

also allow for MRI based treatment planning for radiation therapy[6]. At the present

CT is the primary modality used for planning radiotherapy, but MRI in combination

with CT is becoming more common and MRI alone can be used exclusively in some

cases[6, 8, 9].
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1.1.2 Radiation Therapy

Up to half of all cancer treatments include some form of radiation therapy, the ma-

jority of which is external beam radiation therapy[11]. In external beam radiation

therapy, the tumour cells are damaged by delivering radiation to the tumour from

a source outside the patient, typically a linear accelerator. Radiation, typically in

the form of photons, is directed at the tumour by shielding healthy tissue and the

environment. The radiation beam (the collection of unblocked photons) strikes the

patient delivering dose (energy per mass) along its path of travel. The beam loses

energy (attenuates) as it travels through tissue and deposits energy, leading to a de-

crease in dose with depth. Additionally, photons transfer energy indirectly to tissue

by exciting electrons and ionizing atoms, and as a result the dose reaches a maximum

a short depth into the patient rather than at the surface. The initial rise of dose with

depth is called build-up.

By applying multiple radiation beams from multiple points on an arc centered

on the tumour, dose is added to the tumour by each beam, while healthy tissue is

irradiated only with a few of the beams. The goal is to deliver enough dose to cause

irrepairable damage the cancerous cells, but deliver small enough dose to healthy

tissue, so that the healthy tissue is spared, meaning it can repair itself and continue

to function.

1.2 Linac-MR

The linac-MR or MR-linac is a novel technology that combines a linear accelerator

(linac) and a magnetic resonance imaging system for the delivery of real-time adap-

tive image-guided radiation therapy. The fact that several such systems are being

developed around the world [12–16] emphasizes the importance and potential benefit

of such systems. These systems aim to achieve MR guided radiation therapy (MR-

gRT) to ensure accuracy of treatment delivery that considers intra-fraction movement.
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This will spare the maximum normal tissue when boosting dose to the target. These

systems are expected to provide patients with improved quality of life and treatment

outcomes. The linac-MR is equipped to treat patients in fewer fractions, like in esca-

lated dose gated SBRT treatments, and in the future will allow the patient’s tumour

to be visualized and tracked each day, potentially speeding up treatments by elimi-

nating the need for gating with tracked treatment. Active areas of linac-MR research

include measuring and calculating dose deposition in a magnetic field[17–20], rapid

imaging and tumour tracking[21, 22], and more.

1.2.1 Categories of Linac-MR

Linac-MR systems can be categorized as either parallel or perpendicular, depending

on whether the main magnetic field (B0) is aligned with the axis of the radiation beam

or perpendicular to it (Figure 1.1). The Alberta Linac-MR (same design is used by

the Aurora RT from MagnetTx)[12, 23] and the Australian MRI-Linac[15, 24] are

examples of parallel systems. For the Alberta Linac-MR, the entire MRI scanner and

linac are mounted on a gantry to allow the treatment beam to rotate around the

treatment couch. The system has a 0.56 T magnet and a 6 MV unflattened beam

with a dose rate of 600 cGy/min at isocenter. In the Australian system, the linac

and MR are fixed and the patient is rotated to achieve different delivery angles. The

Australian system uses a 1.0 T magnet and a linac that can generate 4 MV and 6 MV

unflattened photon beams[24]. In both cases the main magnetic field is generated by

the current in a pair of superconducting coils mounted on pole plates with the field

pointing from one pole to the other. The linear accelerator is mounted exterior to

one of the poles, delivering radiation through a hole in the pole plate (Figure 1.1).

The photon beam is thus parallel to the main magnetic field.

In perpendicular systems, the radiation beam axis and the main magnetic field are

perpendicular (Figure 1.1). Two commercially available MR-linacs, Electa Unity MR-

Linac [13] and the MRIdian ViewRay MRI-guided Linac[25], are both perpendicular
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Figure 1.1: A comparison of a perpendicular arrangement of magnetic field and linear
accelerator (top) and a parallel arrangement of the magnetic field and the linear
accelerator (bottom).
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systems. The Unity system consists of a 1.5 T cylindrical bore solenoid magnet (B0

parallel to the bore axis) with a 7MV linac mounted on a gantry that rotates around

the cylinder surface at the center of the bore[13]. The 7MV linac is an unflattened

beam and has a reported isocenter dose rate of 350 cGy/min at isocenter [26]. The

ViewRay system has a 0.35 T magnetic field generated by two donut magnets and

in the gap between them a gantry holds a 6MV linac that can rotate around the

patient[25]. The 6MV linac is an unflattened beam with up to 600 cGy/min at

isocenter[25].

The orientation of the magnetic field with respect to the radiation beam leads

to dosimetric differences from non-MR linac systems. Electrons, because they are

charged particles, experience a Lorentz force when travelling through a magnetic

field which causes them to curve along a helical path (see Section 2.2.2.2).

In parallel systems electrons traveling at an angle to the main magnetic field will

follow a helical path whose radius is dictated by the perpendicular velocity of the

electron and the strength of the magnetic field. In the patient, this leads to a slight

confinement of the dose towards the central axis, reducing the penumbra. The amount

of perturbation from the situation without a magnetic field depends on the strength

of the magnetic field, with stronger fields leading to more confinement of dose. In

lung, the presence of a parallel 0.5 T magnetic field showed a 10% increase in dose

in the beam, and had hot spots where dose increased up to 20% compared to the 0

T magnetic field case [27]. In the air on the entrance side, the curved path reduces

the lateral scatter of electrons, trapping a portion of them within the treatment

field, resulting in an increased the dose to the skin in the treatment field. If the

magnetic field extends significantly into the head of the linac, where electrons are

readily produced as the beam strikes collimating structures, the surface dose increase

can be significant[17, 28]. On the exit side of the patient, there is minimal difference

between parallel systems and zero-magnetic field systems. The electrons exiting the

patient will travel in helical or straight paths away from the patient, respectively.
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In perpendicular systems, the Lorentz force acts to curve the component of the

electron velocity along the beam axis. From the perspective of an electron travel-

ing along the beam axis, with the magnetic field left to right, the electron will feel

deflected upwards. In the patient, this results in a shifted dose deposition relative

to treatment in the absence of a magnetic field, and can lead to hot spots and cold

spots, especially at tissue boundaries. At 0.5 T in lung, in terms of relative dose dif-

ference, the hot and cold spots are up to ± 20% compared to the zero-magnetic field

dose distribution[27]. On the entrance side, the electrons curve along an arc whose

radius is set by the electron energy and the strength of the magnetic field. Electrons

originating further from the surface than this radius will curve away from the surface

and will not contribute to patient skin dose. Thus in a perpendicular system, there

is no entrance surface dose increase due to the magnetic field. There may even be a

decrease in the entrance dose. On exit surfaces, however, electrons generated in the

patient that would normally travel away from the patient, will now be curved by the

main magnetic field to strike the patient’s exit surface. This can lead to significant

and unacceptable dose increases on the exit surface that must be mitigated[29–31].

1.2.2 RF-Coils for Imaging on a Linac-MR

For all MRgRT systems their imaging capabilities are a key piece of the design,

because without imaging there is no guidance. MR images are acquired by capturing

the rotation of magnetization in a magnetic field with RF-coils (see Section 2.1).

RF-coils designed specifically for these systems are under development. Early studies

investigated the feasibility of using conventional RF-coils and found that while the

impact on the treatment region from traditional arrays was minimal[32], there was

a large impact on the surface dose[33], raising concerns about skin reactions. In

other studies, image SNR reduction were noted due radiation induced current (see

Section 2.1.7) generated when radiation struck the conductors of RF-coils during

imaging[34, 35]. Potential solutions were proposed in each case. A common solution
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to both is to design “open” RF-coils that are positioned outside of the radiation beam

at all times during treatment. This method has been employed successfully in several

systems[36, 37].

When collisions between the coil and beam cannot be avoided the interaction be-

tween the radiation beam and the RF-coil must be analyzed. There is a proposed soft-

ware algorithm that can recover some of the RIC based SNR loss associated with in-

beam designs. For a typical linac-mr imaging sequence and a 3 cm diameter solenoid

coil, the algorithm reduced the SNR loss due to a 250 MU/min radiation beam from

17% SNR loss to 11% SNR loss[35]. At a given field strength, when the dose rate is

increased, RIC increases, and leads to larger SNR losses. When RIC remains con-

stant, however, at higher field strengths, RIC SNR loss is reduced as the MRI signal

is increased at larger field strengths[31]. For in-beam design there is also a need to

reduce the impact on surface dose. Mitigation of the surface dose increase caused by

surface RF-coils depends on the relative orientation of the radiation beam and the

magnetic field (Section 2.2.2.2).

For both parallel and perpendicular Linac-MR systems, surface RF-coils that are

positioned directly on a patient will increase the surface dose. The build-up of dose

begins in the RF-coils increasing the surface dose [33] (see Section 2.2.5 and Chap-

ter 3).

For both parallel and perpendicular systems the surface dose increase due to RF-

coils in the beam can be mitigated with out-of-field RF-coils. In this case there is no

build-up that would increase the surface dose. This approach has been used in the

Australian MRI-Linac project [37] and is explored in Chapter 5 of this PhD work as

well. A challenge with this approach is that the distance between the coil and the

imaging target is larger, reducing the potential maximum SNR (see Section 2.1.1).

The curving of electrons in a magnetic field (see Section 2.2.2.2) leads to a mitiga-

tion option that is only available for perpendicular systems. With the perpendicular

arrangement of the radiation beam and the magnetic field, the surface dose increase
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from in-beam RF-coils can be mitigated by introducing an air gap between the coil

and the patient surface[31, 33]. Electrons excited in the RF-coil are curved and with

a sufficient gap will not strike the patient. The same mitigation is not seen in the

parallel linac-MR system, since the Lorentz force in the airgap does not act on the

component of the electron’s velocity that is directed towards the patient surface[33].

RF-coils for a parallel Linac-MR that are in the beam must be made such that they

minimally interact with the radiation beam. This thesis explores how this could be

achieved with thin copper and aluminum conductors (see Chapter 3) and whether

usable coils are even possible with such conductors (see Chapter 4).

1.2.3 Rotating B0 Linac MR

As was highlighted, a unique aspect of the parallel rotating B0 Alberta linac-MR is

the rigid co-rotation of the magnet and the linac. In conventional MRI systems the

fixed B0 means the rotation (precession) of the magnetization is in a single plane.

The changing magnetic field of the rotating magnetization can be detected with coils

that are only sensitive to that plane. The rotating B0 linac-MR, however, has a plane

of rotation that is at a different angle depending on the angle of the gantry holding

the magnet and the linac. Only the axial component of the two-dimensional rotation

plane is constant with gantry angle.

For optimal image quality, it is desirable to detect both components of the precess-

ing magnetization, which is known as quadrature reception (see Section 2.1.5). The

RF-coil with quadrature-like detection for the linac-MR must be sensitive to signal in

all the planes of precession that exist for a 360° rotation of the gantry. This challenge

is explored in Chapter 5.

1.2.4 Motivation and Outline of Thesis

As outlined, there is a critical need for development of RF coils for the linac-MR and

specifically for the unique challenges of the rotating B0 linac-MR. The main goals of
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Figure 1.2: This is a depiction of a patient being treated in a parallel linac-MR. A
patient cross-section with heart in red and lungs in light blue is shown. A small
moving tumour is the target in the left lung. To image the tumour, coils (orange)
are arranged on the patient surface. The treatment is delivered through a series of
radiation beams (yellow) from different angles. One of the main goals of this thesis
is to investigate the type of RF-coil materials that can be placed in the beam while
avoiding a large increase in surface dose.

the work presented in this thesis are to determine how to mitigate the surface dose

increase from surface RF-coils (Figure 1.2) and to develop a system of RF-coils that

achieves good image quality using quadrature-like detection for the situation where

the B0 field is rotating along with the radiation gantry during treatment (Figure 1.3).

This thesis begins with the background theory of MRI and radiation in Chapter 2.

The first goal is tackled in earnest through two published papers one on the topic of

surface dose below copper and aluminum in Chapter 3 and one on the topic of image

quality achieved with coils using thin copper and aluminum conductors in Chapter 4.

The second goal is addressed in an unpublished paper on a RF-coil array for gantry

angle independent imaging on the rotating B0 linac-MR in Chapter 5. The thesis

concludes with a summary of the key results, a look at applications of this work, and

future avenues for research flowing from this thesis in Chapter 6 and Chapter 7.
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Figure 1.3: Depiction of a patient (cross-section with heart in red and lungs in light
blue) being treated in a parallel linac-MR. A small tumour in the lungs is treated
through a series of radiation beams (yellow) from different angles. The rotation of
the superconducting coils (blue rectangles) that generate the main magnetic field, B0

(blue arrows) is explicitly shown. The second main goal of this thesis is to investigate
what kind of RF-coil design will allow quadrature-like detection of the MR signal
independent of the magnetic field orientation.
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Chapter 2

Theory

2.1 Magnetic Resonance Imaging

2.1.1 MRI Basics

Magnetic resonance imaging is a non-invasive form of diagnostic imaging. It is based

on the phenomenon of nuclear magnetic resonance (NMR) which is observed in nuclei

of atoms with a nuclear magnetic moment (µ⃗nuc). When a magnetic moment in a

strong magnetic field is tipped from its equilibrium state (aligned with the magnetic

field), it begins to precess, rotate about the main magnetic field. Since this is a

small rotating magnet, it induces an alternating voltage in nearby conductors at a

frequency that matches the rate of precession. Nuclear mangetic resonance is observed

for nuclei that have an odd number of protons and/or neutrons as they have net spin

angular momentum (s⃗am) and the nuclear magnetic moment is then related by the

gyromagnetic ratio (γ) unique to each nuclear species by:

µ⃗nuc = γs⃗am (2.1)

If there are even numbers of protons and neutrons (all nucleons are paired) then

the spins of all the nucleons sum to a net-zero spin, and have no nuclear magnetic

moment.

The most common such nucleus in the human body is the 1H-hydrogen proton

found plentifully in dihydrogen oxide (H2O or water) and other compounds in the
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body. Considering a large number of nuclei as a group, the relevant property is the

net sum of their nuclear magnetic moments, which is a sample’s magnetization per

volume (M⃗). When a sample is placed in a constant external magnetic field (B), the

constituent nuclei will tend to align with the magnetic field as it is the lowest energy

state, but the thermal energy available to the system means the net magnetization is

very small. At clinically relevant temperatures (T ) the net magnetization is given by

the Rayleigh and Jeans approximation [38] or Curie formula [39]:

M [A/m] =
N

V

γ2Bℏ2

4kBT
(2.2)

where N/V is the density of nuclei, γ is the gyromagnetic ratio, ℏ is the reduced

Plank constant, and kB is the Boltzmann constant.

Key insights from this result are that the magnetization is proportional to the

field strength and the magnetization depends on the nucleus of interest based on its

gyromagnetic ratio. Notably, thermally-polarized MRI does not have particularly

high sensitivity, because the effective number of excess nuclei is 70 ppm at room

temperature and 1 tesla [T]. However, MRI is still an excellent imaging modality

due to the incredible number of hydrogen nuclei in the human body (i.e., 6 × 1023

hydrogen nuclei for every 9 grams of water).

Detecting magnetization relies on the inherent angular momentum of the nuclei.

If the magnetization is tipped away from alignment with B0 (the process will be

discussed later), the magnetic moments that make up the magnetization will feel a

force due to B0. By conservation of spin angular momentum (s⃗am), the magnetic

moments, and hence the magnetization, will experience a torque, and thus begin to

precess about the B0 axis. The evolution of the magnetization is described by the

Bloch equations[39].

dM⃗

dt
= γM⃗ ×B0

⃗ (2.3)
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This relationship describes how magnetization will behave in a constant external

magnetic field in the absence of relaxation. Without loss of generalization let B0 be

along the z-axis, and expand out in Cartesian co-ordinates.

dMx

dt
= γMyB0

dMy

dt
= −γMxB0

dMz

dt
= 0

(2.4)

We can decouple the x and y components by taking a second time derivative and

obtain the harmonic equations:

d2Mx

dt2
= −γ2B2

0Mx

d2My

dt2
= −γ2B2

0My

(2.5)

Hence:

Mx(t) =Mx(0) cos(γB0t) +My(0) sin(γB0t)

My(t) =My(0) cos(γB0t)−Mx(0) sin(γB0t)

Mz(t) =Mz(0)

(2.6)

This describes the precession of the transverse magnetization (Mx andMy) about the

z-axis. The components of the magnetization perpendicular to the external magnetic

field rotate around it, while the component in alignment with the external magnetic

field is constant. The frequency of rotation of the perpendicular components is con-

stant and given by the product of the gyromagnetic ratio and the magnetic field. This

is the Larmor frequency:

ω0 = γB0 (2.7)

This frequency ω0 is not coincidentally the same as the frequency of the energy

transition between high and low energy spin states of individual nuclei.

In reality, interactions between individual nuclei and between nuclei and their

environment causes the net magnetization to relax back towards the equilibrium where

the magnetization is aligned with the magnetic field. The transverse magnetization
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(Mx and My) will decay over time to zero and the parallel magnetization (Mz) will

recover to the equilibrium state (M0) with magnitude given by Equation (2.2). This

decay and recovery is typically approximated as exponential.

The rate of recovery of the M0 is described by the time constant T1. T1 is the

spin-lattice relaxation time constant and describes the return of the excited spins

back into thermodynamic equilibrium with their environment. It depends on the

interactions between individual nuclei (the spins) and the atoms that are not a part

of the magnetization (the lattice). The rate of decay of the transverse magnetization

is described by the time constant T2. T2 is the spin-spin relaxation time constant,

and it describes the loss of coherence of magnetic moments due to local magnetic

field effects and exchange of energy with other spins. A related constant T ∗
2 is a

shorter relaxation time constant that describes the same loss of coherence, but also

includes the effects of dephasing due to B0 inhomogeneity. The use of spin echoes

in MRI allows capturing of magnetization decaying with the T2 time constant (see

Section 2.1.6.1); however, if a sample is simply excited and detected, the signal will

fall off at the rate of the T ∗
2 time constant.

A full description of magnetization under the influence of a time varying external

magnetic field that is along the z-axis at equilibrium, is given by the full Bloch

equations where terms for T2 (assumes perfectly homogeneous B0) and T1 have been

added to the z-axis and transverse components of magnetization[39].

dMz

dt
=γ(M⃗(t)× B⃗(t))z −

Mz(t)−M0

T1
dMx

dt
=γ(M⃗(t)× B⃗(t))x −

Mx(t)

T2
dMy

dt
=γ(M⃗(t)× B⃗(t))y −

My(t)

T2

(2.8)

Solving this system as done above in Equation (2.6) for a constant magnetic field

(B0) along the z-axis with initial transverse magnetizationMi
⃗ = (0,Mi,

√︁
M2

0 −M2
i ),Mi <
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M0 gives:

Mx(t) =Mi cos(ω0t)e
−t
T2

My(t) =−Mi sin(ω0t)e
−t
T2

Mz(t) =M0(1− fe
−t
T1 )

f =1−
√︁
M2

0 −M2
i

M0

(2.9)

Where M0 is once again the equilibrium magnetization and f is the inversion

factor for a given excitation depending on the initial and equilibrium magnetiza-

tion(Equation (2.2)).

It can be helpful to set x̂ to 1 and ŷ to j to form a complex variable Mxy where:

Mx =Re(Mxy)

My =Im(Mxy)
(2.10)

The solution given in Equation (2.9) can then be written as:

Mxy =Mie
−jω0te

−t
T2

Mz =M0(1− fe
−t
T1 )

(2.11)

In either form, the solution to the Bloch equations describes how the transverse

magnetization (xy-plane component) undergoes precession at ω0, and the longitudinal

magnetization (along z) recovers towards M0. As t→ ∞ we see that M0 aligns along

the z-axis as expected. These equations are valid for groupings of magnetization that

experience the same magnetic field evolution. When determining contributions of

magnetization from across a range of environments (e.g., spatial locations), as occurs

in reception, the net effect is found by integrating the magnetization evolution (at

each point) over the entire volume.

2.1.2 MR Signal Detection

The precession of the net magnetization vector is a changing magnetic field generated

by the sample that is dependent on the density of the magnetic moments. This

changing magnetic field can be detected using Faraday’s Law, which describes the
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electromotive force or emf (ϵ) generated in a conductive loop in response to a changing

magnetic flux (ϕB)[39, 40].

ϵloop = −dϕB

dt
(2.12)

If a loop of wire is positioned near the subject being imaged, the precession of the

magnetization will result in a flux through the loop that changes with time, inducing

a measurable voltage in the wire. The induced voltage in the loop of wire is related

to the magnetization available in the sample. The flux through the loop of wire

is determined by integrating the magnetic field over a surface bounded by the loop

(SL)[40].

ϕB =

∫︂
SL

B⃗ · dS⃗ (2.13)

The magnetic field (B⃗) can be described as the curl of some magnetic vector potential

(A⃗mag) that is defined so that ∇× A⃗mag = B⃗[40]:

ϕB =

∫︂
SL

(∇× A⃗mag) · dS⃗ (2.14)

This allows us to change the integral from one over a surface to one along the loop[40]:

ϕB =

∫︂
L

A⃗mag · dL⃗ (2.15)

The vector potential can be related to magnetization from Maxwell’s equations by[40]:

A⃗mag(r⃗, t) =

∫︂
R3

d3r′⃗
µ0

4π
M(r′⃗, t)× ∇⃗

⎛⎝ 1⃓⃓⃓
r′⃗ − r⃗

⃓⃓⃓
⎞⎠ (2.16)

We combine Equation (2.14) and Equation (2.16), then change the order of inte-

gration, while noting magnetization does not exist outside our volume to get the

following[40]:

ϕB =

∫︂
V

d3r′⃗M⃗(r′⃗, t) · µ0

4π

∫︂
L

∇⃗

⎛⎝ 1⃓⃓⃓
r′⃗ − r⃗l

⃓⃓⃓
⎞⎠× dl⃗ (2.17)

The first term depends on the geometric distribution of the magnetization in the sam-

ple and the time evolution of this magnetization accounts for the changing magnetic
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field that induces a signal in our conductive loop. The second term, however, does not

vary in time if the patient, B0, and loop of wire, which in MRI is the radio-frequency

(RF) coil (Section 2.1.5), do not move relative to one another during the imaging

session. We can simplify the equation by introducing a constant spatial term, S⃗p.

S⃗p(r⃗
′) =

µ0

4π

∫︂
L

∇⃗

⎛⎝ 1⃓⃓⃓
r′⃗ − r⃗l

⃓⃓⃓
⎞⎠× dl⃗ (2.18)

The emf induced is then given by[40]:

ϵloop = −
∫︂
d3r⃗′

dM⃗

dt
· S⃗p(r⃗

′) (2.19)

Taking a derivative of Equation (2.11):

dMxy

dt
=− jω0Mie

−jω0te
−t
T2 − Mi

T2
e−jω0te

−t
T2

dMz

dt
=
M0f

T1
e

−t
T1

(2.20)

For common relaxation rates in the ms range and longer, the terms not containing

ω0 are at least 1000 times smaller than the terms with ω0. The above then simplifies

to:

dMxy

dt
≈− jω0Mie

−iω0te
−t
T2 = −jω0Mxy

dMz

dt
≈0

(2.21)

Hence the induced voltage is given by:

ϵloop = −jω0

∫︂
d3r⃗′M⃗xy · S⃗p(r⃗

′) (2.22)

Note that the introduction of a factor of −j = e−j π
2 is simply a phase shift between

the induced voltage and the magnetization.

The signal (emf) in MRI is proportional to the resonant frequency, the magnetiza-

tion, and the spatial term. Considering that the maximum transverse magnetization

is available when all of the equilibrium magnetization M0 is excited, the signal avail-

able in MRI for a unitary spatial term can be determined by combining Equation (2.7)

and Equation (2.22), resulting in:
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ϵloop,max =
Nγ3B2ℏ2

4kBT
(2.23)

The spatial term is primarily dominated by the distance between the magnetization

and the conductive loop (r⃗l in Equation (2.17)). And in fact the spatial term can be

thought of as the magnetic field generated at r⃗′ by the conductive loop, L, for a unit

current, iunit.

S⃗p(r⃗
′) =

B⃗(r⃗′)

I
=

µ0

4πiunit

∫︂
L

∇⃗

⎛⎝ I⃓⃓⃓
r′⃗ − r⃗l

⃓⃓⃓
⎞⎠× dl⃗ (2.24)

This spatial term is identical in form to the term that shows up in excitation of

magnetization (Equation (2.25)), which reflects the reciprocal relationship between

detection and excitation in MRI.

2.1.3 MR Signal Excitation

Consider some conductive loop L with an alternating current (I) flowing through it.

The alternating current induces a changing magnetic field, B1, which can be used to

tip the magnetization. The magnetic field is given by

B1
⃗ (r⃗) =

µ0

4π

∫︂
L

∇⃗

⎛⎝ iunit⃓⃓⃓
r′⃗ − rl⃗

⃓⃓⃓
⎞⎠× dl⃗ (2.25)

The field generated depends on the spatial geometry of the coil in the exact same

manner as the spatial term of the emf equation (S⃗piunit = B1
⃗ ). This reciprocity can

be exploited in evaluating RF-coils in the lab, as measuring the fields generated by

an RF-coil tells us its detecting properties as well[41]. Another take away from the

spatial term is that the coupling between the sample and coil, for both excitation

and reception, will decrease with increased distance between them. Depending on

the coil design, the shape of the fall-off will vary but some inhomogeneity will always

be present.

By driving a coil with a current at the Larmor frequency, an alternating magnetic

field, B1, is generated. Since the frequency is commonly in the radio-frequency range,
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it is typically referred to as an RF-field, distinguishing it from the static main mag-

netic field B0. The net magnetic field experienced by the magnetization is the vector

sum of the B0 field and the B1 field. By precisely tuning the frequency and leaving

the B1 on for a precise amount of time, the magnetization can be rotated to form

any desired angle between the magnetization and B0, such as rotating it fully into

the transverse plane.

As the B1 field is typically applied only for a short time (e.g., 1 ms), for simplicity

we consider the Bloch equations (Equation (2.3)) with T1, T2 → ∞. The magnetic

field during excitation is described by B⃗ = ⟨B1(t) cosωrf t,−B1(t) sinωrf t, Bz⟩:

dM⃗

dt
=γ((M(t)× ⟨B1(t) cosωrf t,−B1(t) sinωrf t, Bz⟩) (2.26)

The effect of applying B1 at the Larmor frequency is best understood in the rotating

frame. Following Chapter 1 of Handbook of MRI Pulse Sequences [42] the time

evolution of the magnetization in a rotating frame of frequency of ω:(︄
dM⃗

dt

)︄
rot

= γM⃗ ×
[︃
B1(t) (x̂ cos((ωrf − ω)t)− ŷ sin((ωrf − ω)t)) + ẑ(B0 −

ω

γ
)

]︃
(2.27)

The square brackets describe the effective magnetic field in the rotating frame. If

we consider the frame of precession in the main magnetic field, that is (ω = ω0 = γB0)

then the effect of B0 is completely accounted for by the rotating frame, and only the

B1 component impacts the evolution of the magnetization. The difference between the

angular frequency of the reference frame and that of the applied B1 field determines

the rotation of the effective B1 field in the rotating frame. However if the RF-field is

applied on-resonance (ωrf = ω0), then the B1 is static and merely changes amplitude

as we change the amplitude of the applied B1 field. If the amplitude remains constant,

B1, then:

(︄
dM⃗

dt

)︄
rot

= γM⃗ ×B1x̂ (2.28)
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In the rotating frame the magnetization precesses around x̂ at a frequency given

by γB1 so to rotate a magnetization from the equilibrium position along ẑ into the

transverse plane, the constant amplitude RF-field needs to be applied for a quarter

period or π
2γB1

. This is called a 90° pulse.

2.1.4 MRI System

Polarization and manipulation of magnetization is achieved with an MRI system.

Its basic components (Figure 2.1) consist of a main magnetic field and associated

cooling and driving systems; gradients, gradient amplifiers; RF-coils, including body

coil, transmit and receive coils, pre-amplifiers, RF-amplifiers, and cabling; analog to

digital converter (ADC); spectrometer that controls the gradients, RF-amplifier, and

ADC; and a computer system to re-construct and display the collected images. [43]

The main magnetic field is typically generated by a dense winding of supercon-

ducting wires. Often cryogens are necessary to keep the wires in a superconducting

state, thus eliminating ohmic heating despite the very high currents needed to gen-

erate strong magnetic fields. Persistent superconducting systems are not designed to

be turned on and off, and hence require a steady supply of cryogens or very efficient

cyrogen capture. Superconducting magnets are typically the most expensive of the

available magnet styles, but their benefit is that they are able to generate the highest

field strengths and the most homogenous fields.

Other systems use high temperature superconducting windings that do not require

cryogens, eliminating the need for quench piping and quench protection systems, but

still use pumps and conduction cooling to keep conductors superconductive. The

elimination of quenching elements lowers the cost, while the homogeneity can still

be well controlled. Yet other systems use permanent magnets rather than current

carrying windings. These are typically the least expensive, but give the least flexibility

in design, have the highest inhomogeneity, and are very heavy. They also cannot be

turned on or off and are typically limited to low-fields because of the limited remnant
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Figure 2.1: A basic diagram of the components of an MRI scanner and how they
interconnect to provide controlling signals to the MR system and how signals from the
system are relayed to the computer system. Pavel Barta ©. Used with Permission.

magnetization of the materials from which they are assembled.

The main magnet strength, type, and orientation are typically the defining char-

acteristics of an MRI system. A common design is a cylindrical magnet where the

superconducting wire is wound along the surface of a cylinder generating a main mag-

netic field along the inside of the cylinder or bore (Figure 2.2). This design of magnet

is used for a broad range of field strengths, from fractions of a tesla up to 10.5 tesla.

1.5 T and 3 T are the most common field strengths in clinical cylindrical systems.

Another style of magnet is where two dense windings (“donuts”) are separated by

some distance, creating an open gap (Figure 2.3). The two windings are co-axial,

and generate a main magnetic field along this common axis. This style of magnet is

used in the Viewray system[25]. In the Alberta Linac-MR, two co-axial windings are
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connected by a iron yoke which shapes the magnetic field[12].

Figure 2.2: A sketch of a superconducting cylindrical magnet with a built in volume
transmit coil. The magnet consists of a continuous winding to form a cylindrical bore.
The patient is placed in the bore for imaging. Pavel Barta ©. Used with Permission.

Gradients are room-temperature wire windings that generate magnetic fields ori-

ented along the z-axis, that vary linearly in strength from positive to negative across

one of the three cardinal axes, x,y, or z. By varying the driving current through the

windings, the strength of the linear magnetic field gradient produced can be varied.

The simplest gradient coil design is a pair of loops oriented symmetrically at some

+z and -z positions[44]. By driving equal magnitude but opposing currents in each

loop, i.e., clockwise in +z, and counter-clockwise in -z, the loop pair generates a

magnetic field along the z-axis that points along positive z-axis, diminishes in strength
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Figure 2.3: A sketch of a double donut magnet formed by two dense windings of
conductor that generate a main magnetic field along their common axis. The “bore”
is the gap between the two magnets where patients can be positioned. Pavel Barta
©. Used with Permission.

towards the center, reverses directions and increases in strength along negative z-axis

towards the bottom loop (Figure 2.4).

Simple designs for gradients along the other axes include a dual pair of saddle coils

called Golay coils to generate gradients along x and y (see Figure 2.5). [45]

In modern systems the gradients are typically complex “fingerprint” coils. The

desired magnetic field to be produced by the coil windings is first defined and then the

inverse Bio-Savart equation is solved to determine the arbitrary current distribution

upon a defined surface that would generate that field. Then the arbitrary current

distribution is converted to a complex winding pattern that approximates that current

distribution. The complex winding patterns follow densely packed curved lines that

resemble human fingerprints, hence their name. [46] Modern gradient coils are built on

two layers to minimize fields external to the outer layer (i.e., self-shielded). Without

shielding, eddy currents in nearby conductors can compromise image quality.
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Figure 2.4: A pair of coils with counter rotating currents forming a Maxwell pair.
They generate a gradient in the axial magnetic field that has maxima at the coil
position and a minimum at a point, equidistant from both coils along their shared
axis. Adding a Maxwell pair to a cylindrical MRI system is one way to achieve a
z-gradient. Pavel Barta ©. Used with Permission.

In addition to precise and strong gradient fields, gradient systems are expected

to ramp the current up and down quickly and precisely. How quickly gradients can

be ramped and how precisely sequence defined gradients are played out restricts the

complexity of sequences that is possible, and how quickly images can be acquired

without artefacts.

In addition to the RF-coils needed to detect the magnetization, the system needs

to have a series of RF amplifiers that magnify the millivolt voltages generated in the

RF-coil into signals that can be digitized. Amplification is typically at least two stage,

with an initial pre-amp located as close to the coil as possible to amplify the signal

before travelling down cables that will introduce additional noise. A second stage of

amplification occurs before signal processing. An analog-to-digital converter (ADC)

digitizes the signal and sends it to the computer system for digital processing. [43]
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Figure 2.5: A Golay coil consisting of a pair of saddle coils, designed to generate a
gradient from top to bottom of the image, labeled the y-gradient. A Golay coil is a coil
that can be placed on the surface of a cylinder and will generate a Bz gradient along
an axis orthogonal to the axis of the bore. Pavel Barta ©. Used with Permission.

The computer system sends instructions to the spectrometer which converts the

sequence timing controls to accurately timed pulses and receives signal from the re-

ceive chain. The sequence timing controls are what ensure the gradients and the RF

transmit and receive chains operate in a synchronized manner. This synchroniza-

tion allows the spectrometer to manipulate the magnetization and receive the signal

correctly so it can be reconstructed into a faithful image.

2.1.5 RF-Coils

The RF-coils play two key roles in imaging, as the end point of the transmit (Tx)

chain, which generates the RF pulses that excite and manipulate the magnetization,

and as the starting point of the receive (Rx) pathway that detects the signal generated

by precession of magnetization[40, 43]. All RF-coils consist in the most basic sense
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of a conductive loop (or multiple loops) typically made of copper due to its ready

availability and high conductivity. Alternative conductors include silver, aluminum,

graphene, and other conductive materials. The loop of conductor acts like an inductor.

The loop is typically tuned to a narrow band resonance at the Larmor frequency using

one or more capacitors. A matching network consisting of capacitors, inductors, and

other electronic components, connects the loop to the receive or transmit chain. The

network matches the impedence of the coil to that of the coaxial cable which is used

to interconnect the different elements of the analog portions of the RF system.

The transmit pathway begins with a signal generated by the spectrometer that is

converted to analog by a digital to analog converter (DAC)[43]. This signal is mod-

ulated with the Larmor frequency and amplified through high-power RF-amplifiers.

The amplified current flows through transmit RF-coils that generate the B1 field de-

scribed earlier. Only the component of the B1 field that rotates with the precession

drives the excitation. Any B1 field (linear or quadrature) can be decomposed into

a component rotating with (B1
+) and a component rotating against the precession

(B1
−).

B+
1 =

B1x + jB1y

2

B−
1 =

B∗
1x + jB∗

1y

2

(2.29)

where the B1x and B1y are the complex magnetic fields along the x and y axis in the

laboratory frame and * denotes the complex conjugate[41]. The transmit properties

of RF-coils depend on the B+
1 . By applying reciprocity, because the direction of

propagation reverses in reception, the detection properties of receive coils actually

depend on B−
1 (note that in reception that field is not actually being produced)[47].

Transmit coils need to generate a homogeneous field to ensure uniform excitation

across the subject or sample. They also must be able to handle a large voltage and

current. Power transfer between the cabling and the coil must be very efficient at

the Larmor frequency so the least amount of power is wasted in driving the Tx-coils.
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This transmit efficiency is typically described by the ratio of field to driving power.

Ψ =
B+

1√
P

(2.30)

Tx-coils are typically volume coils. These are homogeneous coils that can be used

for Tx, Rx or both, are rigid, and are sometimes built into the bore of the MRI

system.

1

i

i

i

i

Figure 2.6: A birdcage coil surrounding a human head, the current in the coil at some
time, t, is shown in four representative rungs of the birdcage. The current in each
rung is phase shifted relative to the others, such that there is a total 2π phase shift
around the circumference. The RF-field generated by the birdcage is perpendicular
to the birdcage rotational symmetry axis. As the current in the rungs changes the
RF-field generated will rotate at the frequency of the current oscillations in the rungs.
Pavel Barta ©. Used with Permission.

A birdcage coil (Figure 2.6) consists of two end rings connected by a number of

evenly spaced legs. It is intended to be used with the end rings co-axial with the
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main magnetic field, which is along the bore in cylindrical systems. The birdcage is

designed to be driven in quadrature and generate a circularly polarized field in the

transverse plane.

The birdcage is ideal for the cylindrical magnet since its own cylindrical shape

fits inside the main magnetic field and gradient windings, co-axial with each, and

generates a rotating B1 field perpendicular to the main magnetic field[40].

Quadrature coils like the birdcage require driving at two points with 90° out of

phase signal. This is achieved with a quadrature coupler which splits the driving

analog signal into two equal signals and sends one along a slightly longer path to

delay it by 90°. If a quadrature coil is used to receive signal, the process can be

reversed to recombine the 90° out of phase signals into a single signal[40].

Despite the additional complexity of quadrature coils they have a power efficiency

advantage over linear coils, which generate a non-rotating, but alternating B1 field

along only one axis orthogonal to the main magnetic field. Consider a field B1
+ = B1x

generated with a linear coil using some power P, the linear efficiency is then just given

by Equation (2.30)

If the same power, P, is applied to each port of a quadrature coil 90° out of phase

(total power 2P), then B1x = jB1y. Hence the field generated by the quadrature coil

is 2B1
+. This means the efficiency of the quadrature coil is given by:

ΨQ =
2B1

+

√
2P

=
√
2Ψ (2.31)

Linear coils are also commonly used in MRI, especially in reception. A simple

design is a loop coil which generates a B1 field is generated along the loops central

axis. This kind of linear coil however is primarily only used for reception due to the

high inhomogeneity which is unacceptable in excitation.

A solenoid coil combines multiple turns to increase sensitivity and homogeneity

generating a field along its central axis. This design does not work in a cylindrical

MRI scanner, but could be used other systems where the main magnetic field is not
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along the patient axis[40].

Another common linear coil is a Helmholtz pair. Two equal sized circular loops

are positioned one radius apart[40]. The Helmholtz coil generates a field within 10%

of maximum B1 over a central area with a radius 50% of the Helmholtz radius[48].

A Helmholtz-like arrangement of two coils with a widened gap results in poorer ho-

mogeneity at the center, though the variation from the center to the coil planes can

actually improve. In practice for RF-coils a homogeneity of about 10% can be called

homogeneous. The requirements on the B1 field are a lot less strict than on the B0

field[40].

Receiving signal can be done with a coil that is used to transmit. In this case this

coil is known as a Tx/Rx coil, while if a separate coil is used to detect signal, then

it is a Rx-only coil. If a Tx/Rx coil is used, the system needs a transmit/receive

switch. A transmit/receive switch ensures the driving signal flows into the coil, but

that the receive line is protected from reflections or direct flow from the transmit

chain. It also ensures that when the coil is receiving all of the received signal that

goes down the receive chain path isn’t lost to the transmit chain, and noise from the

Tx chain doesn’t get added to the signal. On Rx-only coils, the receive chain also

needs to be protected from the excitation generated by the Tx coil, and the coil needs

to not get excited, as this could alter the excitation B1 experienced by the sample.

This is achieved through the use of detuning traps that shift the operating frequency

of the Rx-coil during excitation, either actively or passively through crossed-diode

detuning[43].

2.1.6 Spatial Encoding and Imaging

The previous sections introduced the basics of MR signal generation and the compo-

nents necessary for imaging. Before diving into the practical construction of RF-coils

it is important to briefly look at a few pulse sequences and understand how spatially-

encoded MR images are possible.
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Consider the signal detected by an RF-coil, based on Equation (2.22). It can be

described in terms of magnitude and phase[49].

srf (t) = −ϵloop =
∫︂
d3r⃗

dM⃗

dt
· S⃗p(r⃗)

srf (t) =

∫︂
d3r⃗ω0S⃗p(r⃗) · M⃗0(r⃗)e

j(ω0t−ϕ(r⃗,t))

srf (t) =

∫︂
d3r⃗ρeff (r⃗)e

j(ω0t−ϕ(r⃗,t))df

(2.32)

The ρeff is defined as the effective spin density, grouping together the spatial distri-

butions of the temporally stable elements of the detection coil and the magnetization.

ρeff includes the spatial distribution of the receive coil (Equation (2.24)), the spatial

sensitivity of the excitation pattern of the transmit coil, and the spatial distribution of

the actual spins themselves. The first exponential term describes the time evolution

of the magnetization as it undergoes precession as described in Equation (2.11). The

second exponential describes the spatial and time dependent accumulation of phase

that occurs when regions of the sample experience different effective local Bz that

cause spins to gain or lose phase relative to ω0. Equation (2.32) formulation ignores

relaxation and protons with slightly different Larmor frequencies for simplicity and

clarity[49]. Consider now the application of a gradient magnetic field along the z-axis

that varies with the position along the x-axis[49].

Bz(t) = B0 + G⃗(r⃗, t) · r⃗ = B0 + xGx(t) (2.33)

In terms of frequency, the precession of spins is spatially dependent:

ω(x, t) = ω0 + γxGx(t) (2.34)

This use of the gradient to link spatial position to frequency is called frequency

encoding. The change in phase relative to ω0 is spatially dependent and given by:

ϕ(x, t) =

∫︂ t

0

γxGx(t
′)dt′ (2.35)
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The gradient term can be described as a spatial frequency kx:

kx(t) =

∫︂ t

0

γ

2π
Gx(t

′)dt′ (2.36)

The signal as a function of time then can be written as

srf (t) =

∫︂
d3r⃗ρeff (r⃗)e

j(ω0t−2πkx(t)x) (2.37)

Ignoring the ω0 dependence (i.e., demodulating) and laying out the acquired signal

according to the spatial frequency kx(t) the signal becomes explicitly the Fourier

transform of the effective spin density.

srf (t) =

∫︂
d3r⃗ρeff (r⃗)e

−j2πkx(t)x

srf (kx) =

∫︂
dxρeff,x(x)e

−j2πkxx

srf (kx) =FT (ρeff,x(x))

hence:

ρeff,x(x) =FT
−1(s(kx))

or generally:

ρeff (r⃗) =FT
−1(s(k⃗))

(2.38)

Frequency encoding in imaging is achieved by applying a “read” gradient (i.e.,

Gx) while signal is being received. In this case, linearly separated, subsequently

acquired time points will be linearly spaced measurements of the signal in k-space

(the space defined by s(k)). Frequency encoding occurs along the direction that the

gradient varies, for example the x-axis as described above. A Fourier transform of

this data gives a one dimensional image of ρeff , i.e., a projection along the gradient.

It is possible to build up a 2D k-space matrix by applying a perpendicular “phase-

encode” gradient (i.e., Gy) before each frequency encoding gradient. In this case the

points acquired during reception will be spaced linearly along the read gradient axis

but offset along the phase-encode gradient direction to ky based on the amplitude
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(Gy(t
′)) and amount of time (tpe) the phase-encode gradient was applied for:

ky =

∫︂ tpe

0

γ

2π
Gy(t)dt (2.39)

By repeating the data acquisition and varying the phase-encode gradient, a two di-

mensional k-space set of data can be collected and 2D Fourier transformed to give a

two-dimensional MRI image. This process of repeating acquisition can be again re-

peated once for each line of the third dimension (i.e., kz) to build a three dimensional

image.

More common is the use of a slice select gradient during excitation so that the signal

received is only coming from a particular slab of the sample or subject. The resulting

two dimensional MRI image (p(x,y)) is then a cross-sectional slice image of the sample.

Slice selection is based on applying a gradient along an axis (i.e., z-axis) and applying

a frequency selective excitation pulse. The goal of the slice selective pulse thus is

to excite a rectangular function of spatial frequencies that match the slab of interest

(rect∆z(z)). In the time domain (i.e., the pulse shape), the Fourier transform of the

rectangular function is a sinc function (B1(t) ∝ sin(πkz∆z)/(πkz))[49].

In general through the combination of gradient fields along x, y, and z-axis, gradi-

ents along any axis through the sample can be generated. Gradients applied during

excitation select a slab or slice. Gradients applied after excitation, before, and during

reception allow movement through k-space. The signal received at a specific time

after excitation is the signal for the position in two-dimensional k-space given by:

< kx, ky >=

⟨︃∫︂ tpe

0

γ

2π
Gx(t)dt,

∫︂ tpe

0

γ

2π
Gy(t)dt

⟩︃
(2.40)

A gradient(s) applied during reception results in data being collected for a line through

k-space along a path governed by the gradient(s) applied. A Fourier transform of the

k-space data gives an MRI image. The intensity of acquired signal depends on the

underlying effective spin density (p, see Equation (2.32)) and whether the spatially

distributed spins are in phase. Typically the signal maximum occurs at the center of
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k-space where phase accumulation relative to ω0 is zero for all spins. This all assumes

there is no relaxation during the reception time and the same amount of relaxation

occurs prior to reception for each phase encode. In general, the trajectory through

k-space and the rate of relaxation will affect which spatial frequencies have the largest

amplitudes (i.e., k-space filtering)[50].

A feature of k-space data is that the signal’s energy is located mostly at the center

of k-space. An example of how omitting certain portions of a k-space will impact the

resulting image is shown in Figure 2.7. Thus imaging sequences are typically designed

to measure the center of k-space when the signal is at a maximum thanks to an echo

(see Imaging Sequences in 2.1.4). The edges of k-space are where information about

details and edges of the image are found. The further out in k-space that data is

collected, the more detailed the image. Not collecting data towards the edges leads

to a more blurred image that has the same broad structures, with worse boundary

definitions.

2.1.6.1 Imaging Sequences

Over the years, many possible pulse sequences have been developed to generate various

kinds of images and exploit various kinds of contrast. Two common categories have

emerged and are worth discussing specifically. The first has no rephasing RF pulse

during the echo time: these are gradient-echo sequences. The second does have a

rephasing RF pulse during the echo time: these are spin-echo sequences[49].

A basic gradient echo sequence (Figure 2.8) consists of a slice-selective pulse and a

corresponding slice select gradient to excite a slab of the sample. Along an orthogonal

axis a phase encode gradient is applied to shift to a specific line in k-space. After

excitation, a brief negative gradient along the third and final orthogonal axis is applied

dephasing the transverse magnetization so that acquisition can begin at the edge of

k-space rather than from a central axes. Then the gradient along this third axis

(called the “readout” direction) is reversed while receiving the signal with an RF-
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IFT

IFT

IFT

k-Space Image

Figure 2.7: An example of images of my cat, Cassandra, generated from a fully
sampled k-space (top, only red channel shown for each k-space), a k-space missing
the center region (middle), or a k-space only centrally sampled (bottom). The best
image of Cassandra is seen when all of the k-space is acquired. If we, however,
sample only the edge of k-space, only missing a small portion of the center, the image
becomes much darker (displayed image magnitude was doubled) as most of the energy
is located at the center in the lower spatial frequencies. The edges of k-space lead to
an image that retains only edges of objects in the image, like whiskers and outlines.
By focusing on acquiring the center of k-space if we cannot get all of it, then we
can ensure that, while blurring and distinct line artifacts are present in the image,
Cassandra is easily identifiable.
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Figure 2.8: An example gradient echo sequence consisting of an excitation pulse (flip
angle α) with a slice select gradient, an encoding gradient, and a dephasing and then
rephasing read gradient. The amplitude of the echo is determined by T ∗

2 . Note that
the signal shown is a representation of the available signal, but the readout signal
only occurs when the x gradient is active. Pavel Barta ©. Used with Permission.
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coil, this positive gradient will rephase the magnetization and then dephase it the

same amount. This acquires data along a line in k-space at the position set by

the phase encode gradient. A line is collected because signal is received for all phase

variations as the read gradient varies the phase accumulation along the third axis from

the negative phase accumulated before receiving all the way to the same magnitude

of phase accumulation, but positive. The time at which the phase accumulation is

0, is termed the echo time (TE). Since static B0 inhomogeneity contributes to the

dephasing in a gradient echo, the magnitude of the echo depends on T ∗
2 [49].

A basic spin echo sequence (Figure 2.9) is where at TE/2 after excitation, an

180° rephasing pulse is applied to the magnetization. At TE after excitation, all

dephasing due to static B0 inhomogeneity is eliminated, creating a spin echo. Consider

a magnetic moment that experiences a local B0 field of Bz + δ. For the first TE/2

this magnetic moment will accumulate γδ TE
2

radians of phase compared to an on-

resonance moment. A 180° refocusing pulse inverts the phase accumulated of all the

magnetic moments. The magnetic moment in Bz+δ, now has accumulated effectively

−γδ TE
2

radians compared to an on resonance moment. After a further TE/2 then the

moment will accumulate an additional γδ TE
2

as compared to an on-resonance moment.

The sum of the inverted initial phase accumulated and the phase accumulated in the

subsequent TE/2, is zero compared to the on resonance moment. At TE for a spin-

echo sequence there is an echo where all magnetization has re-phased thanks to the

refocusing. For imaging, the excitation, phase, and read gradients are applied as for

the gradient echo sequence. It is desirable that the read gradient is applied such that

when the read gradient has rephased the magnetization, during reception, this occurs

at TE so that all of the magnetization is refocused, not only due to the gradients, but

also due to the static B0 inhomogeneity. This avoids phase shifts in the k-space data.

Due to the refocusing of static B0 inhomogeneity the echo magnitude will depend on

T2 rather than T ∗
2 [49].

37



Figure 2.9: An example spin echo sequence consisting of a 90° excitation pulse with
a slice select gradient, an encoding gradient, a 180° re-focusing pulse, and dephasing
and rephasing read gradients. The amplitude of the echo is determined by T2. Pavel
Barta ©. Used with Permission.

2.1.6.2 Image Contrast

The contrast in an MRI image is dominated by differences in relaxation times be-

tween different tissues. Contrast due to differences in material properties (T1, T2,

magnetization density) can be manipulated by adjusting the imaging parameters of
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repetition time (TR) and echo time (TE)[51].

Repetition time (TR) is the total time between subsequent excitations such as the

time between excitations with two different phase gradients or phase encodes. The

amount of magnetization available to excite may be less than the total magnetization

depending on the flip angle, which determines how much of the available magnetiza-

tion is rotated into the transverse plane, and the TR, which determines how much

time the longitudinal magnetization has to recover. The recovery is governed by the

T1 of the material. For large flip angles, TR must be much longer than the T1 for the

magnetization to fully recover, while if a small flip angle is used, the magnetization is

only recovering a small amount and imaging can be done much more quickly. If two

materials in the body have different T1 parameters, we can choose a flip angle and TR

such that the longer T1 material doesn’t fully recover, in the same time the shorter T1

material will recover more or even perhaps completely (see Equation (2.9). This will

result in the material with the shorter T1 having more magnetization to excite after

each TR and hence will appear brighter in the image. This is known as T1-weighted

imaging[51].

Echo time (TE) is the time between excitation and the measurement of the signal.

The longer the echo time the more time there is for the transverse magnetization to

decay at a rate given by the material T ∗
2 (or T2 for spin echo sequences), reducing the

overall signal in the image. This can also be exploited for contrast. If two materials

have different T ∗
2 ’s an intermediate TE will led to the shorter T ∗

2 material decaying

more and appearing darker in the image. This is known as T ∗
2 -weighted imaging. In

the case of spin echo sequences, magnetization is refocused to eliminate the effect of

B0 inhomogeneity, thus the image is T2 weighted[51].

If TR is very long and TE is very short, such that all the magnetization recovers

before each subsequent excitation and there is little magnetization decay before ac-

quisition, then the image contrast is dependent on the density of protons, resulting

in a proton-density image. In most situations proton density weighting gives poorer
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contrast than weighting that includes the effects of relaxation. Across various soft

tissues the proton density doesn’t vary significantly, but the local environment that

influences relaxation can vary significantly due to tissue structure, including chemical

composition (impacts spin-lattice interactions) and how it limits the movement of

water (impacts spin-lattice and spin-spin interactions)[51].

2.1.6.3 Role of Noise in Image Quality

The signal in MRI is voltage in an RF-coil and hence acquisition of this signal suffers

from inevitable noise and interference added by conductors and electronic devices.

The primary source of noise in electronics is thermal fluctuation of the charge carriers

in the conductor; this noise is called Johnson noise[52]. The noise power (V 2) is

proportional to the effective resistance (or loss) in the circuit formed by the RF-coil,

the body and the environment. Hence the noise voltage, VN , in MRI signal is given

by:[52]

VN =
√︁
4kBTr (2.41)

where kB is the Boltzmann constant. T is the temperature of the system, and r is

the effective resistance.

Sources of loss in MRI include the sample (magnetic and electrical losses) and the

RF-coil (conductive and radiative losses) [40]. Other elements of the receive chain

such as cabling and amplifiers can contribute to losses, but typically the RF-coil and

sample dominate if pre-amplifiers are placed close to the RF-coil. By amplifying near

the coil, any further thermal noise sources can be made negligible. Sample magnetic

losses (rM) depend on a coil geometry dependent term (RM), the sample electrical

conductivity (σcon), number of turns (N), and size (d), and, critically, the frequency

(ω). Magnetic losses in the sample are typically the largest contributor in most MRI

imaging scenarios. [40]

rM = RMσconN
2ω2d

2

5

(2.42)

The second most dominant are the conductive losses in the RF-coil and receive
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chain before the initial amplification. These losses depend on the resistivity of the

wires used and the quality of the lumped components. These losses are frequency

dependent due to the skin effect in conductors[40].

rΩ = RΩω
1
2 (2.43)

Where RΩ depends on coil geometry and material.

The electrical losses are due to stray electric fields from the RF-coil inducing cur-

rents in the lossy dielectric of the sample. The fringe electric fields are caused by

charges and depend on the coil’s geometry, self inductance (L), and capacitance (C).

These should be minimized in the RF-coil design to minimize this noise source. [40]

rE = REω
3L2C (2.44)

Where RE is a coil geometry dependent term.

Finally there are also radiative losses due to the RF-coil acting as an antenna and

potentially radiating energy into free space where it isn’t coupling to the sample and

contributing useful signal (while receiving noise from the surroundings). This depends

primarily on the size of the coil and goes as ω4. With good RF-coil design radiative

losses are not significant next to rM and rΩ. For example, for a 60 mm diameter loop

coil that is tuned to 200 MHz, the radiative losses are estimated at 0.05 Ω, while the

resistance of the conductor is about 0.4 Ω[40].

Based on the assumption of good coil design where rM and rΩ dominate, the noise

in MRI depends on frequency according to

Vn =

√︃
4kBT

(︂
aω

1
2 + bω2

)︂
(2.45)

where a and b are the collected terms (not including frequency) of magnetic and

conductive losses respectively.

2.1.6.4 Image Quality: SNR

The total signal available depends on the total magnetization (type of nuclei and B0)

and relaxation (T1 and T2). One aspect of image quality is the ratio of signal received

41



compared to the noise in the received signal, i.e., the signal-to-noise ratio (SNR). The

signal is proportional to ω times the magnetization, hence signal is proportional to

γ3 and B2 (Equation (2.2)). Considering only protons, the signal is proportional

to ω2 [53]. Hence by combining Equation (2.23) and Equation (2.45) we obtain the

expression given by Edelstein for SNR’s proportionality to frequency in MRI:[53]

SNR ∝ ω2√︁
aω

1
2 + bω2

(2.46)

The relationship between SNR and ω is such that SNR is roughly proportional to B0.

This is one motivation for using stronger magnetic fields.

The other important consideration for image quality in MRI is scan time. While

for a given B0 the maximum available magnetization, M0 is fixed, it is common to

improve SNR through signal averaging, reducing noise by Nrep
− 1

2 where Nrep is the

number of sequence repetitions. Each repetition, however, requires the same amount

of time as the first, meaning that image quality and imaging speed compete.

SNR ∝
√
T ∝

√︁
Nrep (2.47)

2.1.6.5 Image Quality: CNR

A defining purpose of imaging is to distinguish different tissues and materials in the

body. This is quantified by the contrast to noise ratio (CNR). There are several

available contrast mechanisms including the variation of proton density, T1, and T2

between different tissues.

Proton density can be useful for distinguishing between low water content struc-

tures like cartilage and soft tissues like fat and muscle. The density of protons does

not change with field strength. Proton density weighted image contrast depends on

the SNR and hence B0.

Relaxation offers several methods for contrast. Pulse sequences exploit differences

in relaxation properties to generate different kinds of contrast, with achievable CNR
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dictated by the differences in T1 and T2 (both of which change with field strength).

A study investigating CNR in real-time imaging applications across a range of field

strengths showed CNR differences between 0.5T and 1.5T were significantly smaller

than SNR differences, and for certain tissues 0.5T is predicted to have higher CNR[54].

The importance of different image quality metrics depends on the application. Im-

ages may be interpreted by radiologists who rely on good image SNR and CNR to

identify and interpret features or images may be used for tracking structures where

structures simply need to be distinct enough[55]. Studies have shown that while

higher field strengths lead to improved image quality, the extent of the improvement

is lower than that predicted by naive linear models and in many cases leads to no

diagnostic advantage[56, 57]. When considering new applications, like Linac-MR,

where strong B0 fields can lead to undesired effects such as deflection of electrons

(see Section 2.2.2.2), the optimal field strength may not be the strongest field achiev-

able[54].

2.1.6.6 Image SNR

The amplified analog voltage signal from RF-coils is sampled, and used to populate

a k-space data matrix based on the trajectory defined by the imaging sequence. The

k-space matrix is the spatial frequency information of the sample or patient being

imaged (Figure 2.10, left).

K-space data is complex because the coil signal is demodulated using phase-

sensitive quadrature detection resulting in real and imaginary components. A two or

three dimensional Fourier transform of the k-space matrix generates the correspond-

ing complex MRI image (Figure 2.10, right), of which the magnitude is typically

considered the MRI image of the sample or subject. Thermal noise in MRI images

can be considered additive white Gaussian noise and will be uniformly distributed

throughout both the image and k-space[58].

SNR in MRI images can be measured in a few different ways, based on how much
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Figure 2.10: Left: A visualization of k-space data (log of the magnitude). Right: The
corresponding magnitude image generated by 2D Fourier transform of the k-space
data shown on the left.

time and imaging sequence flexibility is available. Three methods are single-image

region of interest (ROI) SNR, difference image SNR, and separate signal and noise

image SNR. Consider an image with N voxels. Let sk be the matrix value of voxel

k ∈ I = [1, N ].

1. The first method (Figure 2.11) is the least expensive in terms of time on the

scanner, and easiest to implement as it can be done on any reconstructed MRI

image. The signal (savg) is evaluated as the average voxel value in the magnitude

image (I) over some chosen ROI containing voxels, Y ⊂ I.
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savg =

∑︁
k∈Y |sk|∑︁
k∈Y 1

(2.48)

The noise (n) is evaluated as the standard deviation of voxel values over an ROI

that is known to contain only air, typically a region exterior to the sample or

subject being imaged[59]. Let all the voxels in this ROI be YN ⊂ I.

n =

√︄∑︁
k∈YN

(|sk| − sN,avg)2∑︁
k∈YN

1

sN,avg =

∑︁
k∈YN

|sk|∑︁
k∈YN

1

(2.49)

The SNR then is:

SNR = 0.65
savg
n

(2.50)

The factor of 0.65 approximately corrects for the fact that because the noise

variance is being calculated from a magnitude image, the original Gaussian

distributed noise is now Rayleigh distributed. If instead complex image data is

used then:

n =

√︄∑︁
k∈YN

(sk − sN,avg)(sk − sN,avg)∗∑︁
k∈YN

1

sN,avg =

∑︁
k∈YN

sk∑︁
k∈YN

1

(2.51)

and SNR is simply:

SNR =
savg
n

(2.52)

2. As above, the second method also requires no modifications to the imaging

sequence, but allows a better estimation of the noise. By repeating the same

acquisition twice, a difference image (Id) can be generated by subtracting the

second magnitude image from the first (Id = |I1| − |I2|) in a voxel by voxel

manner. In this case the signal to noise is calculated by once again selecting
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Figure 2.11: Examples of signal (ROIS) and noise (ROIN) regions in a single magni-
tude image. The same corresponding regions can be used for a complex image, but
the complex values rather than the displayed magnitude values would be used in the
calculation.

a signal ROI, Y and calculating an average voxel value for either of the two

magnitude images (Y ⊂ I1 or Y ⊂ I2). The noise is calculated as the standard

deviation of the voxel values in the same ROI, but in the difference image

(YN ⊂ Id)[59]. Hence

savg =

∑︁
k∈Y |sk|∑︁
k∈Y 1

(2.53)

n =

√︄∑︁
k∈YN

(sk − sn,avg)2∑︁
k∈YN

1

sn,avg =

∑︁
k∈YN

sk∑︁
k∈Y 1

(2.54)

SNR then is given by: and SNR is:

SNR =
1√
2

savg
n

(2.55)

The
√
2 factor accounts for the fact that the noise is evaluated from the differ-

ence of two images, hence it is underestimated.
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3. The third method gives the purest noise measurement, but it requires an extra

image to be acquired and a modification of the pulse sequence. An image with

signal (IS) is acquired as before, and a second noise image (IN) is acquired by

repeating the same sequence again, but without any transmit RF-pulses during

the entire acquisition. This means the sample is not excited, and the only signal

picked up is thermal noise. The signal then is the average voxel value of some

ROI in the signal image (Y ⊂ IS). The noise is the standard deviation of all

the voxel values in the noise image (N = IN). Image signal and noise are the

same as those given in Equation (2.48), Equation (2.51), and Equation (2.52).

2.1.7 Radiation Induced Current

There is an important component of image quality for linac-MR systems that is not

found in MRI-only systems. When high energy photons strike the conductor of an

RF-coil, electrons can be ejected. If there is no equivalent influx of electrons, this

leads to a region of positive charge in the RF-coil conductor. Since an RF-coil is a

grounded electric circuit, current will flow to restore neutrality, thus radiation induces

a current. The higher the dose rate, hence rate at which electrons are ejected, the

higher the current. The amplitude of the induced current was found to be linearly

dependent on the dose rate[60].

Radiation induced current (RIC) in the conductor degrades the image quality.

Unlike thermal noise, the effect of RIC appears as stripes in the k-space data of

acquired images, rather than constant across frequency. The effect of this spurious

signal has been studied experimentally in linac-MR systems at 0.2 T, where it was

found to degrade SNR by up to 18% when the linac delivered a dose rate of 250

MU/min to a 3 cm diameter solenoid RF-coil[34]. Simulations of RIC in different

magnetic field strengths and orientations showed that RIC was independent of the

magnetic field. [35] In investigations of a dedicated MR-linac RF-coil, RIC was also

seen in a 1.5T MR-linac. The SNR loss due to RIC was significantly lower at 1.5T

47



with a beam delivering 680 MU/min causing a maximum SNR loss of 5% [31]. The

degradation is lower at larger field strengths because the voltage from precession of

magnetization increases with a square of the field strength (Equation (2.23)), while

the RIC is proportional to dose rate and independent of field strength[35]. The effect

of RIC cannot be predicted from field strength and dose rate alone, as it also depends

on elements such as scan parameters and the noise floor[31, 35].

Several methods to reduce the impact of RIC have been proposed. The simplest

mitigation method is to keep the conductor out of the radiation field. This eliminates

RIC as a source of image quality degradation. Another option is to add build-up

to the conductor. There will be electrons ejected from the build-up that enter the

conductor, offsetting the electrons ejected. This method was used to restore over half

the SNR loss associated with RIC (11% SNR loss without build-up, 5% SNR loss

with 18.5 mm of Teflon build-up)[34]. A third method is post-processing of the k-

space data to edit out spikes in the noise regions that exceeded 3 standard-devations

of the background. This was used to recover up to 81% of the SNR loss due to

RIC in certain conditions[35]. Based on simulations of different field strengths, the

mitigation methods investigate at 0.2T should also perform similarly at different field

strengths[34, 35].

2.1.7.1 RF-Coil Quality and Link to SNR

RF-coil design and construction aim to provide the best image quality given con-

straints on material, positioning, and any other requirements. A common quantity

used to measure how well a coil performs is its quality factor (Q), defined as ω times

the electromagnetic energy stored in the RF-coil relative to how quickly energy is

dissipated when a current flows in the coil.

Recall that an RF-coil is just a conducting loop, which can be described in terms of

lumped components as a series inductance (L, the coils self-inductance as determined

by the loop geometry) and a series resistance (r, the total resistance of the loop as
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determined by the resistivity of the conductor, cross-sectional current density and

length). The loop then has an impedance given by:

Zcoil = r + jωL (2.56)

For a given sinusoidal current (I) generated by an applied voltage or induced emf it

is possible to write the power dissipated:

dElost

dt
= I2r (2.57)

and the rate of energy storage in the circuit:

dEstored

dt
= IL

dI

dt
= I2ωL (2.58)

The quality Q then is given by the ratio:

Q =
ωL

r
(2.59)

The relationship between RF-coil quality and SNR is described by efficiency (η)[53]:

η =1− 1

Qratio

SNR =
√
η iSNR

(2.60)

This relationship states that for given proximity and arrangement of a coil and

the sample there is some theoretically achievable maximum SNR (iSNR). The signal-

to-noise ratio (SNR) that will be achieved by a particular coil is describe by the

efficiency of that coil (η). Efficiency describes what fraction of the losses cannot

be assigned to the coil. That is if the coil itself is lossless, the efficiency should be

unitary. To determine efficiency we measure the quality Q of the coil in isolation,

termed Q unloaded (QU). In this case Q is given as above based on the inductance

of the conductor loop and the conductors resistivity. Note that this assumes that the

capacitor needed to resonate the loop is lossless. To determine the contribution of

the non-coil losses as discussed in Section 2.1.6.3, the Q is measured with the coil set
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up as it will be used for imaging. In this case the total energy lost is determined by

the total losses (rtot):

rtot = rcoil + rsample (2.61)

This is termed the loaded Q (QL):

QL =
ωL

rcoil + rSample

(2.62)

The efficiency is then simply given by:[53]

η = 1− QL

QU

= 1− rcoil
rcoil + rsample

=
rsample

rtot
(2.63)

Based on the measured efficiency, the losses are described as sample dominated

(η > 0.5) or coil dominated (η < 0.5). The goal should always be to have losses

be sample dominated. This can be achieved by having high quality coils with very

low coil resistance, rcoil. Depending on the proximity of the coil to the sample and

operational frequency however, the requirements on the coil resistance can be strict

or more relaxed. A shorter distance between the coil and the sample leads to more

magnetic losses in the sample. The amount that the sample impacts the coil losses

is termed loading. Loading depends on the relative geometry, relative proximity, and

the sample size. There is also a power of two relationship between operating frequency

(Larmor frequency is determined by B0) and sample losses (see Equation (2.42)).

Conversely the requirements on the coil may limit how low a resistance can be

achieved. Use of different conductors changes the resistivity, potentially increasing

or decreasing coil losses. Longer lengths of conductor will yield more total resis-

tance. And as frequency increases the current density becomes less uniform and more

crowded near conductor surfaces, increasing resistance per unit length.

The goal in coil design is to select a geometry that will have a high intrinsic SNR

(i.e., increase S⃗p, Equation (2.24)) and construct the coil in a way that maximizes

efficiency (i.e., minimize rcoil/rtot). The design, construction, and field strength will
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all influence both intrinsic SNR and efficiency. For example, mechanical design con-

straints can limit the coupling (distance) between the coil and sample, and if the

coupling is low even small rcoil can lead to poor efficiency.

2.1.7.2 RF-Coil Tuning

While Faraday’s description of induction does not require the transmitting or receiving

device to be a resonator, to maximize sensitivity RF-coils are almost always RF

resonators tuned to the Larmor frequency. This is achieved by the use passive devices,

specifically conductors and inductors, to match the receiving/transmitting device to

amplifiers.

Loop impedance is described by Equation (2.56) and must be matched using low-

loss components to the characteristic impedance of coaxial cable (typically 50 Ω). Be-

cause signal bandwidths are small (∼ 1%), it is sufficient to use narrowband matching

with reactive components (capacitors and inductors). [38] In the transmit case, the

coil is acting as the load, and must be matched to avoid power wasting reflections

that lower Tx coil efficiency (eq. (2.30)). In the receive case, the coil must be matched

to the optimal source impedance (Zopt) of low noise amplifiers to amplify the small

signal voltages without introducing much noise [61].

Consider a desired impedance (Z0, typically real) written in the form:

Z0 = r0 + jX0 (2.64)

The coil impedence (Zcoil) can be matched to Z0 by a minimal lossless matching

network consisting of two reactive elements, with one in parallel and one in series.

First, the coil is tuned, through the introduction of a reactive component (Xt) in

parallel to Zcoil. Xt is such that the real part of the combined impedance (Zcomb)

equals Z0.

Z0 = Re(Zcomb) = Re
(︂(︁
Zcoil

−1 + (jXt)
−1
)︁−1
)︂

(2.65)

When the resistive component of the coil is small relative to Z0 and Xt, then the
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requirement on Xt to first order becomes:

Xt = −Xcoil = −ωL (2.66)

which describes adding a capacitor (Ct) in parallel with a value that satisfies the LC

circuit relationship

LCt = ω−2 (2.67)

By changing the capacitor value, the frequency (ωs) at which a match is achieved is

changed or tuned.

ωs =
1√
LCt

(2.68)

As the highest priority signals are those at the Larmor frequency, the system is

typically tuned such that ωs = ω0.

The remaining reactive component of the combined impedance Im(Zcomb) can be

set equal to the imaginary component of Z0 (i.e., zero in the case of a lossless trans-

mission line), by an appropriate series reactive component (Xm).

Im(Z0) = Im(Zcomb) +Xm (2.69)

Typically a remaining positive imaginary component is cancelled by an equal but

opposite reactive impedance produced by a series capacitor termed the matching

capacitor (Cm).

Cm = ω−1
s Im(Zcomb)

−1 (2.70)

Matching, similarly to tuning, is frequency dependent and the frequency at which the

imaginary component is negated should also be ωs.

The usage of only reactive components is to avoid introducing additional losses to

the system. However, the use of reactive components means the matching condition

is only satisfied well in a narrow band of frequencies around ωs. To best couple to the

sample this should be the made the same as the Larmor frequency (ω0) of the nuclei

of interest[40].
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Practically, the right tuning and matching capacitor values can be found through

the use of a vector network analyzer (VNA). A VNA is used to measure the coils

response to signal, from a 50 Ω source, that scans across a desired band of frequencies.

A vector network analyzer measures the voltage at some number of ports, typically

for a single coil, a two-port network analyzer is sufficient. In a two-port system, one

port is designated as the source, network analyzer sends test RF-waves spanning a

band of frequencies from this port, and then measures the reflected power at the

same port (an S11 measurement) and the power transmitted to the other port (an S21

measurement).

The co-axial cable of the coil is connected to one port and a small (e.g., 10 times

smaller diameter than the coil) sniffer probe is connected to the other (Figure 2.12).

The transmitted power in this arrangement gives the frequency dependence of the

magnetic coupling between the coil and the probe. There will be a peak at the

frequency for which the real part of the coil impedance matches the characteristic

impedance (Z0 = 50 Ω). This is because the peak is dominated by the LC properties

of the coil as described by Equation (2.67). Adjusting the tuning capacitor will shift

this peak, and typically a variable capacitor is used to bring the peak right to the

desired frequency ω0.

The right value for the matching capacitor can then be found by looking at the

return loss (S11) at the coil port (Figure 2.13)[38]. By adjusting the matching capaci-

tor the remaining imaginary component can be cancelled at ωs leading to a minimum

return loss or 50 Ω match. Both the tuning and matching capacitor impact the value

of ωs so often some additional iterations of adjustments to the capacitor values are

needed to achieve ωs = ω0.

It is important to note that the tuning and matching capacitors depend on the

effective resistance of the coil (see Equation (2.65) and Equation (2.56)). This means

as the loading changes, the tuning and matching capacitors need to be fine tuned, a

further reason why variable capacitors are commonly used.
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Figure 2.12: The first port of the Vector Network Analyzer is connected to the
matched coil. A sniffer probe is connected to the second port. The vector net-
work analyzer displays the characteristic Lorentzian line shape that occurs near the
resonant frequency of the coil. Signal at this frequency is best able to couple from the
coil to the probe, which suggests the coil will best couple to precession in the sample
at this frequency. This frequency should match the Larmor frequency of interest.
Pavel Barta ©. Used with Permission.

The S21 measurement in addition to playing a role in tuning is also relevant for

measuring Q. The lower the losses in the coil, the narrower the band of frequencies for

which the transmitted power is at least half the maximum transmitted power (3dB

below the maximum). The measurement of the 3 dB bandwidth on a vector network

analyzer of the S21 frequency response is a proxy for the losses in the coil and the

ratio of the central frequency to the bandwidth is equal to the quality factor of the

coil[40].

Q =
fc
δf

=
ωL

R
=

1

ωCR
(2.71)
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Figure 2.13: The first port of a vector network analyzer is connected to a the coil
through a matching network (box between coil and cable). The dip shown is the
low reflection loss that is achieved when the matching network has been adjusted to
achieve the best power loss match between the cable (50 Ω) and the coil. This is the
right match if the pre-amplifier that is used with this coil expects a 50 Ω impedance
for optimal noise characteristics. Pavel Barta ©. Used with Permission.

2.1.7.3 Detuning Traps

Receive only coils use detuning traps to stop the flow of currents in the coil during

excitation. During excitation the transmit coil, typically the body coil, generates

strong RF-fields, which would induce an emf in the RF-coil. The resulting current

would generate a magnetic field opposing the excitation, hence ruining the desired

excitation. To avoid this, a series combination of crossed diodes and an inductor is

placed in parallel to each tuning capacitor. The crossed diodes will act as an open

circuit during receiving when induced emf is low. However when the coil is experi-

encing the high emf due to active transmit fields, the diodes will conduct creating an

alternate path past the capacitor. The inductor is selected such that the parallel pair

of capacitor and inductor act as a very high impedance at the Larmor frequency for
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any currents that would flow in the coil loop. The impedance of the pair:

ZLC =
(︁
(jωL)−1 + jωC

)︁−1
(2.72)

becomes undefined for ω = (LC)−
1
2 . So the right selection of inductor ensures no

current flow (at frequency ω = ω0) during excitation. An active bias can be applied

in a synchronized manner with the transmit and receive instructions sent by the

control computer. The passive system is commonly used as a backup in case the

active detuning fails.

2.1.8 B1 Field Maps

An important measurement in MRI is acquiring a B1 map. Measuring B+
1 , the com-

ponent of the B1 co-rotating with the precession (Equation (2.29)), gives confirmation

that the transmit coil uniformly excites the phantom and can be used to calibrate

transmit power to achieve a desired flip angle. Uniform excitation is also verification

that any receive-only coils used are detuned during transmission and do not impact

the spatial distribution of excitation.

There are many B1 mapping techniques, but an effective and long used method is

the double-angle method [62, 63]. The double-angle method consists of acquiring two

images using a gradient echo sequence with two different flip angles (α1 and α2) where

the second is double the first. The signal acquired in each case then is proportional to

sin(α1) and sin(α2), respectively. The flip angle is proportional to γB+
1 tpulse, where

tpulse is the pulse duration. By taking the ratio of the two images, all common factors

can be eliminated

I1
I2

=
sin(α1)

sin(α2)
(2.73)

since α2 = 2α1:

I1
I2

=
sin(α1)

sin(2α1)
=

sin(α1)

2sin(α1) cos(α1)

cos−1(
I2
2I1

) = α1 ∝ B+
1

(2.74)
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So by acquiring two images, the flip angle α1, which is proportional to B+
1 can be

mapped. [62]

2.1.9 Arrays, Coupling, and Image Combination

It is common in MRI to use multiple receive RF-coils simultaneously (RF-coil array).

The purpose is to combine coil signals to cover larger target volumes and to increase

sensitivity. In general signals from the various coils are correlated, meaning the

information collected from one is not strictly independent of the others. The methods

used to combine the images from multiple coils are characterized by whether they

correct for sensitivity and noise correlation. Which method can be used depends on

whether this information has been collected or not.

The simplest method is merely to combine the images in a root sum of squares

(RSS) fashion and can be used in any circumstance. In this case no additional infor-

mation other than the individual coil signals is needed. One downside of this method

is that the variation in spatial sensitivity of the various coils will bias the combined

image[64, 65].

If the sensitivity profile at all positions for each coil in the array is known, then a

sensitivity-based method can be used. The voxel values are scaled by the sensitivity

of each coil at that point, and summed, then normalized by dividing by the root

sum of squares of the sensitivities. This accounts for sensitivity variation but not the

variation in SNR[64, 65].

The SNR optimal or Roemer method can be used when the sensitivity and noise

information about the array is known. This method weighs the contribution of each

coil by the sensitivity and the noise in that channel. This favours contributions from

highest sensitivity and lowest noise coils, and generates the best voxel by voxel SNR

combined image, but requires the most a priori information. [64, 65]

When coil sensitivity is not known, the noise information can still be used with the

weighted root sum of squares (wRSS) method. The channels are combined according
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to the Roemer method with the assumption that the sensitivity is proportional to

the signal in the channel. This leads to a sum of squares but with low noise channels

being weighed more heavily. This method is attractive because noise information is

desirable to acquire to evaluate SNR, and this method does not require additional

scans to measure the individual channel sensitivities. [64, 65] Explicitly the wRSS

method voxel by voxel is given by:

p =
√︁
< s1, s2... > ψ−1 < s1, s2, s3... >′ (2.75)

Where ψ is the noise covariance matrix

ψ = cor(< n1, n2, n3... >,< n1, n2, n3... >) (2.76)

si and ni are the signal and noise at that particular voxel from the ith coil in the

array.

This particular expression for the combination image also is already scaled so that

the noise is uniform across the image. Uniform noise scaling also means that the

voxel values are equal to the combined SNR values. This makes it very practical for

evaluating and using coil arrays[64].

One of the key aspects of building and using RF-coil arrays is to try and have each

channel contribute independent signal to the combined image. This is achieved by

having low coupling between the various channels. The effect on image SNR can be

seen in Equation (2.75). Low coupling between channels means the cross-terms in

the covariance matrix (Equation (2.76)) will be smaller, hence the voxel values will

be higher because its inverse is seen in the equation for p.

Coupling arises due to the mutual inductance of two inductors that are near each

other. Coupling between resonant loops alters the effective inductance of each res-

onator, and typically generates various resonance modes depending on the various

options for relative currents. Good decoupling can be achieved through geometry.

The simplest example of decoupling is the use of orthogonal coils, where one loop is
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Figure 2.14: Three methods of decoupling two different coils for construction of coil
arrays. Left shows decoupling through orthogonal orientation of two similar coils.
Middle shows decoupling through choice of two coils (single turn, yellow, and figure-
eight or butterfly, red) which are primarily sensitive to orthogonal RF fields. Right
shows decoupling though optimal overlap where the positive coupling in the over-
lapped region precisely compensates for the negative coupling of the not overlapped
coil regions. In each case the positive and negative mutual coupling have to cancel
to achieve two uncoupled coils that will then detect uncorrelated signal and have
uncorrelated noise. Pavel Barta ©. Used with Permission.

rotated 90° with respect to another as in Figure 2.14. Another option is two concen-

tric coils each designed to couple to separate orthogonal axes, such as by combining a

single turn coil with a figure-eight (butterfly) coil (Figure 2.14). Partial overlap is a

method often used when parallel coils are used to cover a larger field of view[65]. The

mutual inductance between two adjacent loops is offset by the opposite sign mutual

inductance from the overlapped region (Figure 2.14). Alternatively the adjacent cou-

pling can be offset through the introduction of coupling networks between adjacent

coils[40].
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2.2 External Beam Radiation

2.2.1 Linear Accelerator

The other primary component of the linac-MR is the linear accelerator. The linear

accelerator generates the photon and electron radiation that is used to treat cancer

with radiotherapy. The linear accelerator (Figure 2.15) consists of a pulsed power

supply, klystron or magnetron, electron gun, accelerating structure, in some systems

a bending magnet, a target or scattering foil, and collimation structures[66].

Figure 2.15: A depiction of a clinical linear accelerator from the side and front. The
head of the linac is where the bending magnet, target, and collimation are located.
The straight part connected to the head holds the electron gun and the accelerating
structure. The stand holds the pulsed power supply and the klystron which feeds the
accelerating structure. Pavel Barta ©. Used with Permission.

The pulsed power supply generates RF-pulses to trigger the klystron and electron

gun in a synchronized manner. The klystron generates the high power RF pulses that

accelerate the electrons produced by the electron gun. The electrons are accelerated

through multiple resonant cavities of the accelerating structure and then enter the

head of the linac. In non-bending magnet linacs, the accelerating structure is in line

with the target or scattering foil. In systems with longer accelerating structures, a

bending magnet curves the electrons in a 270° loop to align the electrons with the
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target axis. To generate a photon beam a metal target is used to slow and stop

the electrons. As the electrons decelerate the lost energy is given off, in part, as

Bremsstrahlung radiation. The broad-beam Bremsstrahlung radiation is collimated

with movable jaws and a multi-leaf collimator (MLC) to define a specific beam shape.

To generate an electron beam suitable for treatment, the electrons instead strike a

scattering foil which scatters the pencil beam of electrons into an electron cone beam.

An electron beam is collimated using a field size specific collimator attachment and

lead inserts to define specific shapes.

2.2.1.1 Klystron

A klystron consists of a cathode and an anode connected by a drift tube[66]. At

the cathode, electrons are produced continuously by thermionic emission, focused by

electric fields, and accelerated by a high voltage. The electrons pass through the

buncher cavity where the input microwave power enters. The low power microwave

input signal excites the cavity.

As the electrons pass through the cavity, they will be either accelerated or decel-

erated in the short gap between the two apertures. The electrons then drift through

the tube (hence drift tube) and accelerated electrons will catch up to decelerated

electrons. The length of the drift tube is designed to maximize the bunching of the

the electrons as they arrive at the collector cavity[66].

The bunched electrons generate a strong electric field proportional to the number

of electrons as they approach and then an equal and opposite field as they exit. This

alternating electric field induces an alternating magnetic field, resulting in RF-wave

that is many times more powerful than the original RF wave used to bunch the

electrons. The energy in the DC flow of many electrons has been converted to RF-

power[66]. The high power RF-wave is guided from the klystron to the accelerating

structure by a waveguide.
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Figure 2.16: A klystron with its the microwave input and output shown separated
by a drift space. Electrons generated at the cathode by thermionic emission clump
together due to the timing based acceleration or deceleration of individual electrons in
the buncher cavity. Accelerated electrons catch up to decelerated ones. With the right
drift space length, the electrons arrive in large bunches depositing a many times mul-
tiplied amount of energy into the catcher cavity, resulting in an amplified microwave
output. Direct current energy of the electrons is converted into RF energy thanks
to the periodic arrival of the electron bunches. Original figure by Charly Whisky,
remixed in accordance with the BY-SA 3.0 license. This figure courtesy of Pavel
Barta, CC BY-SA 4.0, https://creativecommons.org/licenses/by-sa/4.0/legalcode..

2.2.1.2 Magnetron

Some linear accelerators use a magnetron instead of a klystron to generate the accel-

erating RF waves. A magnetron consists of a series of identical cavities arranged in a

circle around a central cathode. The cavities are positively charged so that electrons

emitted (thermionic process) by the cathode are accelerated towards the anode (the

cavities) by a static electric field. A large magnet is added to generate a magnetic

field along the cathode axis, causing the electrons to travel along a curved path from

cathode to anode. As electrons pass by the opening of each cavity, they will lose

energy and excite the resonance modes of the cavities. The resonant electromagnetic

field in the cavities helps to focus the accelerating electrons into rotating spokes that
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will continue to feed energy into the RF-field.

2.2.1.3 Electron Gun

The electrons that will be accelerated are produced through thermionic emission in

the electron gun. Heating of a current carrying wire causes electrons to be ejected

from the wire into the space near the wire[66]. A reversible electric field or gate, pulls

groups of electrons into the accelerating structure in time with the microwave pulses

coming from the klystron or magnetron.

2.2.1.4 Accelerating Structure

The accelerating structure consists of multiple resonance cavities with similar designs

as the cavities described in the klystron. In a typical linear accelerator the electrons

are accelerated by a standing wave[66]. In a standing wave accelerator, the accel-

erating structure has an input and the electromagnetic field travels up and down

the structure setting up a standing wave[66]. In each cavity travelling electrons are

accelerated by the electric field across the aperture, which is alternating due to the

standing electromagnetic wave. The period of the standing wave by design is such

that electrons accelerated in the first cavity will arrive at the center of each subse-

quent cavity when the electric field in the cavity reaches a maximum. These electrons

form a traveling group.

Electrons slightly ahead of the group will enter the next cavity early, and experience

some initial deceleration, bunching it with the slightly slower, more closely phase

matched, electrons[66]. The electron beam is bunched into dense packets of high

energy electrons. In general the total kinetic energy gained is given by the product

of the charge on an electron and the sum of the potentials experienced in each cavity.

Many clinical systems also have the ability to shift between energies by partially

degrading the coupling between cavities. While the RF-input parameters in the first

cavity remain the same, the reduced coupling weakens the electric fields generated in
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subsequent cavities, reducing the acceleration achieved for each electron. The total

accelerating potential (ie. 6 MV, 10 MV, or 15 MV) is a typical way of identifying

the linear accelerator and the photon beam it generates.

2.2.1.5 Bending Magnet and Target

When the electron beam exits the linac accelerating structure it enters the linac head.

In lower energy linear accelerators the accelerating structure can be short enough to

be in-line with the target, in high energy (≥ 10 MV) linear accelerator, however, the

the accelerating structure is orthogonal to the desired photon beam. In this case a

magnet bends the electron beam 270° and focus the beam to hit the target[66]. On

striking the target the electrons generate photons through bremsstrahlung radiation

(see Section 2.2.2). Low energy accelerators typically use tungsten while for high

energy accelerators copper is preferred[66]. The bremsstrahlung generated photon

beam is forward peaked and has a broad energy spectrum, with a maximum energy

equal to that of the electrons incident on the target.

2.2.1.6 Photon Beam

Even though a broad range of photons is generated in the target, low energy photons

are attenuated out of the beam by the target itself. The photon beam will not have

very low energy photons and not many at the peak energy. Additionally, the spatial

distribution of the photons will be focused around the center of the beam; in-line

with where the electrons struck the target. The higher the electron energy the more

forward peaked the photon spectrum. The primary collimator, a piece of metal with

a conical hole, and the shielding around the linac head limit the photon radiation to

a directional beam.

A flat dose profile across the extent of the radiation beam is achieved by introduc-

ing a flattening filter, a conical shape, typically made of copper or other medium-Z

materials, which attenuates the center of beam more than the edges to compensate
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for the higher photon fluence at the center of the beam. Beam flatness comes at

a cost as attenuation decreases dose rate. In some treatments the photon beam is

used without any flattening filter. So called flattening filter free delivery provides

treatment beams with a higher dose rate and spatial variation of the fluence across

the beam is accounted for during treatment planning.

The flattened or un-flattened photon beam is collimated by tungsten jaws and a

tungsten multi-leaf collimator (MLC). Jaws are a pair of thick tungsten blocks that

move across the beam to block all but a strip of the photon beam. Photons striking

the thick tungsten blocks are attenuated out of the beam. Two sets of jaws, rotated

90° relative to one another, can be used to generate any desired rectangular beam

shape. The MLC is a set of thin metal leaves that can be moved independently to

generate a desired pattern, shaping the beam. Alternately, some linacs use a single

set of jaws, and use thicker MLC leaves at 90° to the jaw axis to act as either a second

jaw or an MLC.

The collimated photon beam travels from the linac head to strike the the patient.

The energy in the beam is transferred to the patient, and is quantified by the energy

deposited per unit of mass (J/kg) or gray (Gy). The radiation dose delivered to the

patient is the result of specific interactions of photons and electrons with the patient’s

tissues.

2.2.2 Radiation and Matter Interactions

2.2.2.1 Electrons

Electrons are charged particles and interact strongly with both positively charged

atomic nuclei and negatively charged atomic electrons in matter. These strong in-

teractions limit electron motion through matter. Electrons deposit energy locally to

the medium through many individual energy transfers. The higher their energy, the

further electrons travel before losing all their energy. The range of an electron is

the expected total distance it will travel before losing all its energy. According to

65



the continuous slowing down approximation (CSDA), in water, an electron’s range

in centimeters is half of its initial energy in mega electron volts (MeV)[67]. This

is the distance traveled along the electrons trajectory, since it experiences multiple

interactions that change its direction of travel. The distance from where the electron

is created (or enters a material) to where it loses all its energy will always be less

than the range.

Electron interactions can be categorized into collisional and radiative events. Col-

lisional events are the most common and occur when an electron transfers some of

its energy to an atom in the medium. In a collisional event most of the energy is de-

posited locally. Radiative events are where the energy lost by the electron generates

one or more photons which carry the energy far from where the interaction occurred.

Collisional events are usually ionizing events where the traveling electron inter-

acts with a bound electron ejecting it. The result is two energetic electrons and an

ionized atom (Since electrons are indistinguishable, the higher energy electron is la-

beled as incident). In the ionized atom, electrons in higher energy orbitals than the

ejected electron fall down to the vacated lower energy states. As electrons cascade

down energy levels, with each transition energy is emitted as characteristic x-rays.

A competing mechanism is when the transition energy is absorbed by a bound elec-

tron (in a higher energy state), ejecting it. Such ejected electrons are termed Auger

electron. The dominant energy transfer in a collisional event is to the ionized elec-

tron, and characteristic x-rays are very low energy, therefore the transferred energy

is deposited locally[68]. The rate at which electrons lose energy through collisional

events to the medium is described my the mass collisional stopping power
(︂

L
ρ

)︂
col
, the

density-scaled energy loss per unit distance (MeV g−1cm2)[68, 69].

The mass collisional stopping power is proportional to the electron density of the

medium, and below about 1 MeV it varies appreciably with electron energy[68, 69].

Above 1 MeV:
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(︃
L

ρ

)︃
col

∝ NAZA

AM

(2.77)

In radiative events, the electron interacts with a positive nucleus. The attractive

force causes the electron to decelerate and bend as it passes an atom. The energy

lost by the electron as it slows is given off as photons. These photons are called

bremsstrahlung or breaking radiation. The maximum bremsstrahlung is generated

with an electron strikes an atomic nucleus head on and all of its incident kinetic

energy is emitted as a photon. An electron may slow down numerous times in arbi-

trary increments and consequently bremsstrahlung photons have a continuous energy

spectrum. Photons do not interact as readily as electrons (Section 2.2.2.3) and the

transferred energy is not deposited locally[68]. The rate of energy loss through the

radiative process is described by the mass radiative stopping power (Lrad

ρ
).

The mass radiative stopping power is approximately proportional the atomic num-

ber squared and the electron energy [68, 69].(︃
L

ρ

)︃
rad

∝ NAEeZ
2
A

AM

(2.78)

Above 1 MeV where collisional mass stopping power is independent of electron

energy, it is instructive, from a photon beam generation perspective, to look at the

ratio of mass stopping powers. This describes the bremsstrahlung yield in the linac

target due to the incident electron beam[68].(︂
L
ρ

)︂
rad(︂

L
ρ

)︂
col

≈ EeZA

700MeV
(2.79)

This means that using a tungsten target (ZA = 74) and a 6 MeV electron beam gives

a yield of about 63%, that is 37% of the incident energy will be lost in the target due

to collisional interactions. Additionally, not all bremsstrahlung photons escape the

target, some, especially low energy ones, will be absorbed by the target[68].
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2.2.2.2 Electrons in a Magnetic Field

In MR guided radiotherapy, electrons experience Lorentz forces due to an external

magnetic field (B0) (Figure 2.17). The force on an electron (charge qe) in an external

magnetic field is described by:

F⃗ = qv⃗ × B⃗ = −qev⃗ × ẑB0 (2.80)

dv⃗

dt
=
qeB0

me

⟨vy, vx, 0⟩ (2.81)

In constant external magnetic field, the parallel velocity (vz) is constant as it does not

experience a force. The perpendicular velocity, however, experiences an acceleration

perpendicular to its direction this describes in the absence of a parallel velocity a

circular orbit (Figure 2.17). The radius, r, of this path is given by ratio of the parallel

momentum to the product of the charge on the electron and the external magnetic

field.

r =
mev⊥
qeB0

(2.82)

The higher the momentum (and thus energy) of the electron the larger the radius.

The stronger the magnetic field, the tighter the curvature in the perpendicular plane.

Combining the parallel and perpendicular components, the electron will follow a

helical path co-axial with the external field.

In the case where the B0 is parallel to the beam axis (dominant momentum axis),

the helix of the electrons generated in the air and in the patient will be along the

beam axis. Electrons in the air will be somewhat focused if the field strengthens as

they travel, as the radius of the helix decreases as field strength increases and in the

patient, the spread of the scatter electrons will be slightly reduced.

In the case of a B0 that is primarily perpendicular to the beam axis, the electrons

will travel in a helix along the magnetic field and hence away from the patient. An

electron produced in the air will not strike the patient if its energy is low enough that

the radius of its helix is less than the distance to the patient surface. In the patient,
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electron paths will curve perpendicular to the beam direction, resulting in a shifting

of the energy deposition to one side of the patient. And on the exit side of the patient,

the electrons will be curved back towards the patient due to the perpendicular field.

The Lorentz force on electrons distinguishes radiation interactions in matter be-

tween MR guided treatment and traditional treatment.
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Figure 2.17: An electron traveling in a magnetic field experiences a Lorentz force. If
the magnetic field is oriented along the positive vertical relative to the motion of the
electron the force will be felt to the left. The electron will rotate around the external
magnetic field axis in a counter-clockwise manner (top). The velocity parallel to the
magnetic field in a constant field is unaffected resulting in a helical patch (bottom).
Pavel Barta ©. Used with permission.
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2.2.2.3 Photons
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Figure 2.18: The mass attenuation of photons (cm2/g) in water as a function of
energy (MeV). Shown are total attenuation (ignoring coherent scattering) and the
individual contributions from the photoelectric effect (σpe), incoherent (Compton)
scattering (σinc, pair production in a nuclear field (σpp), and triplet production (pair
production in an electron field σtp). Adapted from NIST [70]. Pavel Barta ©. Used
with permission.

Photons are uncharged and interact more rarely than electrons. Some photons may

not even interact in the patient and the photons that do may only experience a few

interactions in patient. Photons nevertheless interact with matter in numerous ways.

Photons are scattered in Compton interactions with electrons, absorbed by atoms
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through the photoelectric effect, and can generate an electron-positron pair near an

atom through pair production. Rarer events like triplet production are possible but

do not play a significant role in dose deposition. Photons can also be scattered in

energy conserving interactions like Rayleigh scattering that attenuate the beam, but

do not contribute to dose deposition.

Compton scattering is the dominant interaction relevant to radiation therapy.

Compton scattering describes the scattering of a photon by a free electron. At the

energies seen in radiation therapy, atomic electrons behave almost like free electrons

for the purposes of Compton interactions. The probability of interacting with matter

through Compton scattering thus is very dependent on the electron density and thus

the atomic Compton scattering cross-section is proportional to the atomic number.

σinc ∝ ZA (2.83)

The differential Compton scattering cross-section for scattering into a particular

solid angle ( dσ
dΩ
) is described by the Klein-Nishina equation [71]

dσ

dΩ
=

1

2
r2e

(︃
Ef

Ei

)︃2 [︃
Ef

Ei

+
Ei

Ef

− sin2(θ)

]︃
(2.84)

where r2e is the classical electron radius, Ei is the incident photon energy, and Ef is

the energy of the scattered photon. The larger the angle of photon scatter, the more

energy is transferred to the electron. By conservation of momentum and energy the

transferred energy is given by:

Etr = Ei − Ef =

E2
i

E0
e
(1− cos θ)

1 + Ei

E0
e
(1− cos θ)

(2.85)

Where E0
e is the electron rest energy.

At low photon energies the probability to scatter forward or backward is approx-

imately equal. At high energy, the scattering becomes forward peaked, as forward

scatter is more likely than scattering backwards. The Compton interaction probabil-

ity increases approximately proportionally to the photon energy at low energies, and
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falls off with the inverse of the energy at high energies, transitioning between the two

dependencies by a gradual curve between ≈10 keV and ≈1 MeV[68].

Less relevant in clinical radiotherapy, the photoelectric effect dominates at low

energies. The photoelectric effect is the interaction between a photon and an atom

where the photon is absorbed and an electron is excited, either raising it to an avail-

able higher energy level or ejecting it from the atom. Like in the case discussed for

electrons, the lower energy state vacancy, in an atom, leads to a cascade of electrons

filling the lowest available energy states. The excess energy is emitted as character-

istic x-rays or Auger electrons. The photoelectric effect is very dependent on photon

energy and atomic number. The higher the atomic number, the larger the cross-

section, and for a specific atomic species, the cross-section generally decreases with

increased energy[68].

σpe ∝
Z4

A

E3
(2.86)

At energies greater than 1 MeV the pair production interaction is possible though

the Compton effect still dominates even up to 10 MeV[72]. Pair production is when

a photons energy is totally converted into an electron-positron pair. A photon can

only undergo this when passing near an atomic nucleus as in order for energy and

momentum to be conserved, the nucleus will experience some recoil. For particles

their total energy is a sum of their rest energy and kinetic energy which means the

incident photon must have at least enough energy to generate the electron-positron

pair, where each of the pair has a rest mass of 511 keV giving a minimum photon

energy threshold of 1.02 MeV. The cross-section for this interaction is proportional

to the atomic number squared[68].

σpp ∝ Z2
A (2.87)

It is also possible for a photon to interact in the near vicinity of an atomic electron

and generate an electron and positron. This process is termed triplet production,

as the photon vanishes and its energy is transferred to the atomic electron and the
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electron-positron pair. The minimum photon energy for this process is higher at 2.04

MeV. The cross-section with a neutral atom for triplet production is proportional to

the atomic number[68].

σtp ∝ ZA (2.88)

Generally pair production dominates interactions compared to triplet production,

thus at high energies the cross-section is approximately proportional to the square of

the atomic number. The cross-section rises rapidly with energy after the threshold is

exceeded. And then continues increasing at a slower rate beyond 10 MeV[68].

Figure 2.19: Shown is the photon energy and material atomic number (ZA) depen-
dence of the dominant interaction mode in photon-matter interactions. Low energy
and high atomic number (ZA) is dominated by the photo-electric effect. High energy
and high atomic number are dominated by pair-production. And Compton scatter-
ing dominates for intermediary energies and low atomic number. Reproduced from
Figure 1.8 in reference [73] with permission from IAEA and Dr. Podgorsak.

The relative contributions of each interaction type can be visualized by looking at

the individual and total cross-sections for water (Figure 2.18)[70]. The curves high-

74



light how Compton scattering dominates the relevant energy range and photoelectric

and pair production dominate at very low and very high energies respectively. The

energy at which Compton exceeds the photoelectric and the energy where pair pro-

duction exceeds the Compton likelihood, can be plotted for various atomic numbers,

to visualize regions of dominance across energy and atomic species (Figure 2.19)[68].

The total attenuation of a photon beam is described as a sum of all possible

interactions[68].

µtot = ρ
NA

A
(σpe + σinc + σpp + σtp +O(Rayleigh term)) (2.89)

2.2.3 Dose Deposition

Critical to radiation physics as applied to treatment of cancer is the deposition of

dose into a patient by the photon beam generated by the linac. A high energy photon

beam will be attenuated through the patient as described by

Φ(d) = Φ(0)e−µtot(d)d (2.90)

where Φ(d) is the photon beam energy fluence (J/cm2) at depth d in the patient and

µtot the total attenuation coefficient. As discussed, cross-sections and hence the total

attenuation can depend on energy and will vary spatially within the patient. This

means that Equation (2.90) is implicitly integrated across energy and µ is the path

specific mean attenuation which will be dependent on position in the beam and depth

in patient.

The energy fluence lost to the primary beam is scattered away or transferred to

the medium. To determine the energy transferred we consider a µtr < µtot that

includes only the interactions that lead to an energy transfer to the medium, such as

the energy transferred to an electron in Compton scattering. Combining the energy

fluence, the energy transfer attenuation coefficient, and the density gives the kinetic

energy released per unit mass or KERMA (K)[73].

K = Φ(
µtr

ρ
) (2.91)
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The unit for KERMA is the gray (Gy) which is joules of energy deposited per kg of

material (J/kg).

Some of the energy transferred to the medium will not be deposited in the medium.

For example as described in (Section 2.2.2.1 excited electrons will radiate some of their

energy as bremsstrahlung. The amount radiated away is small as the efficiency in the

water like tissue of a patient and for the energies of electrons set in motion by the

photon beam is much smaller that that seen in a metal target. The attenuation term

taking into account this small loss is µen = (1− g)µtr for some small value of g. The

product of this energy absorbed coefficient, the energy fluence, and the density is the

collisional KERMA (Kcol).

Kcol = Φ(
µen

ρ
) (2.92)

The energy absorbed by the material is not deposited locally at the point of trans-

fer. Depending on the energy transferred to atomic electrons, these electrons will

travel and the energy will be deposited along their paths. Thus energy absorbed

at some depth will through conservation of momentum be deposited some distance

down stream. The energy deposited in the material locally per unit mass is the dose

(D) in gray. Dose depends on collisional KERMA and the downstream travel of the

absorbed energy.

At the entrance surface of a medium, collisional KERMA will be the highest as

the photon beam will be unattenuated. The dose however is very small as most of

the absorbed energy is in electrons moving downstream and slowly depositing the

energy. At further depths, the dose approaches collisional KERMA as the amount

of electron energy travelling from upstream to a point in the material reaches the

amount of electron energy generated by the absorbed energy. Electronic equilibrium

is defined as the condition when these two energies are equal. If there were no beam

attenuation or divergence, the energy fluence and hence KERMA would be constant,

so true electronic equilibrium would be maintained. However, since KERMA falls off,

the dose exceeds KERMA beyond the point of equality as the local energy deposited
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depends on the higher collisional KERMA at a shallower depth.

D(d) = βKcol(d) : β < 1 for d < dmax, β > 1 ≈ constant for d < dmax (2.93)

The region before dmax is called the build-up region as dose is building up towards

collisional KERMA. The value of β with depth in this region is not well described,

but the dose rises sharply with depth and then its rise slows as Dmax is approached.

This can be seen in the percentage depth dose curve or PDD in Figure 2.20. It is

convention to scale the maximum dose to 100% as absolute dose can be changed by

the intensity of the initial energy fluence, but the relative shape will persist as long

as the energy distribution of the energy fluence remains constant[73, 74].

Figure 2.20: The percentage depth dose in water for a photon beam and its rela-
tionship to KERMA. KERMA falls off with depth right from the surface, as the
water in the path of the beam is always attenuating the primary beam, thus reducing
the amount of primary beam that can interact at deeper depths, thus reducing the
amount of kinetic energy that can be released to the media. In contrast, prior to
establishment of TCPE, in the build-up region the dose to water rises quickly from
from a small amount at the surface (about 20% of maximum dose for 6 MV) to 100%
at about dmax (i.e., for a 6MV beam dmax is 1.5 cm). Beyond dmax, the dose is pro-
portional to KERMA and always larger as described by Equation (2.93). Pavel Barta
©. Used with permission.

Note also that the build-up region exists due to the non-zero but finite range of
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electrons excited by the incident photon beam. As the energy of the photon beam

increases the electron range will increase, this means electrons will travel deeper

(on average) before depositing all their energy locally. This leads to the depth of

maximum dose increasing with higher mean photon energy.

The fall-off of the PDD with depth is a combination of attenuation, beam diver-

gence, and scatter. The attenuation depends on the attenuation coefficient (Equa-

tion (2.90)) which is energy dependent. As the photon energy increases the atten-

uation coefficient becomes smaller, hence higher energy beams have a shallower fall

off beyond dmax in addition to a deeper dmax. Beam divergence is a consquence of

the beam originating from a very focused electron beam. The beam spreads out over

a larger area as the square of the distance from the source. Divergence reduces the

energy fluence as the same energy is spread over a larger cross-sectional area, so dose

falls as the inverse square of the distance from the source. As the distance from the

source to the surface of the medium (source-surface distance, SSD) increases, the dif-

ference between the inverse square factor at the surface and at a depth, d, becomes

smaller

IS(d)

IS(surface)
=

(SSD)2

(SSD + d)2
. (2.94)

The divergence of the beam and the increasing beam size does increase the amount

of scatter contributing to dose along the central axis. For very narrow beams, there

is no fluence away from the central axis and so scatter only leads to decreased dose

along the central axis (accounted for by the attenuation coefficient). However as the

beam cross-section increases some of the energy absorbed away from the central axis

will travel laterally and be deposited along the central axis contributing dose. Hence,

in beams with a larger field size the dose fall off less rapidly with depth.

2.2.4 Dose Measurement

Calculating dose is quite challenging, requiring evaluation of cross-sections, calculat-

ing the mean transferred energy for each interaction, precise knowledge of the photon
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fluence, and integration over all energies. While simulation and dose calculation is

important in clinical radiation therapy, there is no replacement for measurement.

Measurement of radiation dose is done with ion chambers. Typically, a gas filled

cavity with a central anode and cathode walls forms the detection volume. Some

voltage is applied across the chamber between the anode and cathode. Photons and

electrons passing through the chamber will ionize the gas forming positively and

negatively charged pairs. The positively and negatively charged ion pairs will be

pulled towards the cathode and anode respectively. The flow of charges (mainly

from the electrons due to their much lighter mass) forms a current from anode to

cathode, which can be measured with a current meter. By calibrating to a known

radiation source, the ion chamber can be used to measure dose in a wide range of

circumstances[75].

2.2.5 Surface Dose and Skin Dose

A special consideration for the surface dose and the first 100 µm in medium is that

a significant portion of the dose is from electrons generated outside the medium.

Electrons generated in the linac head and in the air column, where the electron range

is much longer, will strike the patient, contributing dose. Over 50% of the surface

dose is from electrons generated in the air[76]. In the absence of these electrons, the

dose to the surface would be much lower as only the backwards scattered electrons

deposit energy in the most superficial layers[74].

The low surface dose and the build-up effect are important features in radiation

therapy. When the clinical target is at depth, the low surface dose and build-up act to

spare (reduce the dose to) the surface of the patient. The skin is a sensitive organ that

is always irradiated during external beam radiation therapy, and radiation induced

skin reactions are common. The skin consists of epidermal and dermal layers. The

epidermis, the outermost skin layer, is at 70 µm depth and the dermis, the connective

tissue and sensory nerve containing layer, is at 100 µm. The dose at a depth of 70 µm
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is typically considered the skin dose. Higher energy beams yield more skin sparing

(through lower dose to skin), thanks to the more penetrative photon beam, and the

longer electron ranges. Reducing radiation dose is essential to reducing acute and

long term skin reactions[77].

Acute skin reactions are those that appear within 3 months of exposure. There are

well understood links between the dose to skin and the kinds of effects expected. As

little as 2 Gy (total dose from all treatment fractions) leads to short term reddening

of the skin (erythema), similar to a sunburn[77]. At 8 Gy, the skin experiences further

erythema and potential loss of hair (epilation). At 16 Gy the erythema is pronounced

and the skin can become darkened, termed hyper pigmentation. At 23 Gy, the skin

begins to peel as the skin cells are heavily damaged and die off. At 35 Gy the skin

is heavily compromised and begins to leak, the skin no longer acts as the protective

barrier it should, termed moist desquamation. At more than 40 Gy, the skin will

break and significant damage and cell death occurs throughout the affected area[77].

In addition to acute skin reactions, which tend to recover over time as the skin

cells regenerate, radiation damage to skin can also appear later and be chronic. While

not linked directly to specific dose thresholds, the higher the dose to the skin during

treatment the more likely and the worse the late effects[77]. These late effects are

progressive and irreversible, and result in irreparable damage to the skin as the area

loses the ability to regenerate.

In some cases the target of a treatment will be near the surface at a depth less

than dmax of the chosen beam. In this case, to avoid under dosing the target, it may

be necessary to place additional material on the surface of the patient to provide

additional build-up, shifting the effective depth of the target according to the amount

of material added. The additional material is clinically called bolus. This leads to

additional skin dose, but is warranted when it is needed to ensure coverage of the

target.
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Chapter 3

Impact of a Parallel Magnetic
Field on Radiation Dose Beneath
Thin Copper and Aluminum Foils

1

3.1 Introduction

Magnetic resonance image guided radiotherapy (MRIgRT) has the potential to de-

liver state-of-the-art radiation therapy concurrently with soft-tissue imaging[12–16].

Because radio frequency (RF) coils provide maximal signal to noise ratio (SNR) in

MRI when placed closest to the imaged region, these coils may need to be placed in

the path of radiation beam(s) treating the same region. While it is possible to use RF

coils placed far enough away to avoid intersecting the beam path or to treat only from

angles that do not irradiate the coil[36, 37], image SNR or treatment plan quality,

respectively, may suffer. For the RF coil designs that do intersect the radiation beam,

it is important to understand the dosimetric consequences of materials intersecting

the beam in a magnetic field.

While previous studies have shown minimal impact of RF coils in the beam on

the target volume dose[32, 33], only one study has investigated the impact on the

surface dose[33]. A stack of materials simulating an RF coil placed in the beam, in

1This chapter has been previously published as: Barta, R., Ghila, A., Rathee, S., Fallone,
B. G., & De Zanche, N. (2020). Impact of a Parallel Magnetic Field on Radiation Dose Be-
neath Thin Copper and Aluminum Foils. Biomedical Physics & Engineering Express, 6, 037002.
http://iopscience.iop.org/10.1088/2057-1976/ab7cf2
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contact with a phantom surface, increases the surface dose to >75% of maximum dose

(Dmax)[33]. This example coil consisted of a polycarbonate base (1.5 mm), copper

tape conductor (0.08 mm), and PTFE (Teflon®, 0.9 mm) cover. The surface dose

increase was measured with the magnetic field both parallel and perpendicular to the

beam, as well as without field. The authors also found a surface dose increase to 45%

Dmax (48% Dmax in a parallel magnetic field from a 0.22 T magnet) for a 0.1 mm

copper plate alone[33].

The surface dose increases due to the low energy secondary electrons, produced by

photons interacting with coil materials, depositing their energy in the superficial layers

of a phantom or patient below (bolusing effect, Section 2.2.5). In this reference[33],

and a follow up study comparing measurements to Monte Carlo simulations[78], Ghila

et al. also found that the surface dose increased in the presence of a parallel magnetic

field even when nothing was obstructing the beam path. The surface dose was 20%

Dmax without field, and 30% Dmax in the presence of the field[33, 78]. This effect

is caused by contaminant electrons (produced in the linac head and irradiated air

column) being trapped and guided by Lorentz forces due to the magnetic field[33,

78]. Similar effects have been simulated and measured in other studies of MRIgRT

systems[79, 80]. Note that, for such parallel systems, the strength of the field at the

surface is not as important as the strength and shape of the fringe field near the linac

head and in the air column. The exact shape of the field determines where on the

surface the contaminant electrons contribute dose.

The interest in surface dose is motivated by skin reactions that occur in radiation

therapy. Even in traditional fractionated treatments, low levels of acute skin reactions

are common with the skin receiving a fractionated dose of 2-8 Gy[77]. For every

doubling of absorbed skin dose, the degree of acute skin damage increases by one

step: from discoloration, to erythema, to desquamation, up to necrosis at 40 Gy

fractionated. Additionally, increased dose to skin raises the risk of long-term effects

of radiation dose and their severity[77].
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Large increases in surface dose due to in-beam RF coils can, however, be reduced.

The predominantly Compton interactions in the therapeutic photon energy range

depend on electron density (e−/cm3)[81]. Since electron mass density (e−/g) varies

slowly with atomic number, the number of Compton interactions depends on the

amount of material (thickness) and its density. Thin (≪0.1 mm) and/or lower density

conductors in RF coils thus may allow in-beam coils to be placed directly on the

patient surface without a large increase in skin dose[33]. Lightweight RF coils that use

conductive inks[82, 83], thinner conductors[84], and minimal enclosures are already

being designed for a variety of purposes. Conductors made of aluminum instead of

copper have also been considered because of the lower density[84, 85].

This work fills a gap in the literature by presenting surface dose measurements,

with and without a parallel magnetic field, below various thicknesses (9–127 µmm)

of copper and aluminum, and insulating materials that could be used as enclosures

for in-beam RF coils.

3.2 Materials and Methods

The surface dose below square (10 × 10 cm2) copper and aluminum foils of thicknesses

ranging from 9 to 127 µm was measured using a PTW Markus parallel plate ion

chamber (PTW, Freiburg, Germany). The surface dose was also measured below

a polyimide film (17 µm thick, Kapton®, DuPont, Wilmington, DE, USA) and a

polyester film (127 µm thick, HP LaserJet transparency, Hewlett-Packard Company,

Palo Alto, CA, USA). Polyimide is a common substrate for flexible printed circuit

boards (PCBs). The polyester film is a potential lightweight enclosure material for

flexible RF coils. For comparison, the surface dose below a hospital gown was also

measured.

Each sheet was positioned in contact with the top surface of a solid polystyrene

phantom which simulated tissue and provided backscatter. The parallel-plate ion

chamber was set into the phantom top surface [33] with its effective point of mea-
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surement being just below the entrance window (0.03 mm polyethylene). The sheets

were irradiated with a square 8.5 × 8.5 cm2 (source to phantom surface distance or

SSD = 170 cm) 6 MV beam from a Varian Silhouette linac (Varian Medical Systems,

Palo Alto, CA) with and without the presence of a parallel magnetic field. Dual

solenoid electromagnets (model 3472-70, GMW Associates, San Carlos, CA), placed

on a wooden stage on the floor (Figure 3.2), generated a 0.22 tesla (T) field at the

center of their bore decreasing to 0.6 mT at the linac’s exit window (Figure 3.3)[33,

78]. The polystyrene phantom was positioned inside the bore of the electromagnets

such that the top surface of the phantom coincided with the top of the solenoids

(Figure 3.1).

Surface dose was determined as the ratio of ionization in the ion chamber at the

surface to the maximum ionization (Dmax) in the phantom. Readings were taken at

1.4 cm, 1.5 cm and 1.6 cm depths, below stacks of polystyrene sheets, to sample the

depths where maximum ionization (Dmax) is expected. Dmax was measured with and

without a magnetic field. The ratio of ionizations is reported as a percent of Dmax (%

Dmax). This chamber and set-up has been validated in previous studies[33, 78].

Measurements were performed over several days and repeated measurements were

averaged. For thin foils (thickness ≤ 25 µm) linear regression was used to fit the

surface dose increase for copper and aluminum with and without a field. The p-value

was used to evaluate the goodness of the fit[86]. P-value is based on the χ-square test

and gives the probability that a data set with a worse misfit (higher χ-square) would

be obtained assuming the fit is correct. The 95% confidence interval was used as the

error in the slope.
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Figure 3.1: Surface dose was measured below copper and aluminum foils of various
thicknesses. The foils were placed in the beam on top of the polystyrene phantom
surface with an inset parallel plate ion chamber. Foils were in direct contact with the
phantom surface (gap in image is introduced to show the ion chamber). The phantom
was inside the bore of dual solenoid electromagnets positioned on top of a wooden
support structure.
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Figure 3.2: A photograph of the dual solenoid magnet positioned at the center of the
light field at an SSD of 170 cm to the top of the magnets.
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Figure 3.3: Magnitude of the magnetic field generated by the dual solenoid magnet
(black rectangles mark its cross-section). The strength of the field decreases rapidly
with distance from the magnet. Near the linac head (its position is marked by a
faint rectangle) is 0.64 mT, many times weaker than the 0.2 T at the magnet center.
Courtesy of Andrei Ghila. Used with permission.
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3.3 Results
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Figure 3.4: (Top) Surface dose measured below copper and aluminum sheets of various
thicknesses (logarithmic scale). The unobstructed surface doses were 22%Dmax(solid
horizontal line) and 32%Dmax(dashed line) without and with a parallel magnetic
field (0.22 T magnet) respectively. Uncertainty in each data point is less than 1%
(.2%Dmax). (Bottom) The linear region (0 to 25 µm) is expanded and shown on a lin-
ear scale and with linear fits. The slopes are 0.116 %Dmaxµm

−1 (no field, marked 0T)
and 0.06 %Dmaxµm

−1 (with field, marked 0.2T) for aluminum, and 0.339 %Dmaxµm
−1

(no field) and 0.16 %Dmaxµm
−1 (with field) for copper.
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The average surface doses for an unobstructed beam were 22.2 ± 0.1 % and 31.9

± 0.2 % of Dmax with no field and with the magnetic field respectively.

The measured surface dose increases due to copper and aluminum are shown in

Figure 3.4, showing an approximately linear relationship for thicknesses ≤ 25µm.

Surface dose increases by 0.339 ± 0.008 %Dmaxµm
−1 for copper (χ2 = 15.6, p =

0.0004) and 0.116 ± 0.006 %Dmaxµm
−1 for aluminum (χ2 = 8.99, p = 0.174) with

no field; and by 0.16 ± 0.01 %Dmaxµm
−1 for copper (χ2 = 0.132, p = 0.936) and

0.06 ± 0.01 %Dmaxµm
−1 for aluminum (χ2 = 0.165, p = 0.999) with field. Slopes are

obtained by linear regression with the open-field dose being a fixed zero-intercept.

With the exception of the no field copper data, the p-values suggest that the datasets

match a linear trend reasonably well[86]. For copper (no field) the extremely small

p-value (4× 10−4) indicates a poor model fit given the small (1%) uncertainty of the

measurements. This may be due to the limited number of points for thin copper foils,

or that the linearity approximation breaks down in this case.

Table 3.1: Surface dose for support and enclosure materials positioned in the beam.

Material Surface Dose
with No Field

(%Dmax)

Surface Dose
with Field
(%Dmax)

Open Field 22.2 31.9

Hospital Gown 28.3 36.0

Polyimide (17 µm) 23.7 32.7

Polyester (127
µm)

28.5 35.9

Measurements of surface dose below a hospital gown, polyimide (17 µm), polyester

(127 µm) are listed in Table 3.1. The surface dose increase due to the polyester film

is comparable to the increase caused by a hospital gown. The 17 µm polyimide had a

very small impact on the surface dose similar to that of 15 µm aluminum; with either

one of these, the surface dose (with field) is within 1 %Dmaxof the surface dose (with
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field) of an unobstructed beam.

3.4 Discussion

The magnitude of the increase in the surface dose, for an unobstructed beam, due

to the magnetic field (from 22.18%Dmax to 31.9%Dmax) is dependent on the specific

magnetic field pattern[17] between the linac head and the phantom surface. As other

studies have found[17, 33, 79, 80] the parallel magnetic field in general leads to surface

dose increases due to trapping of contaminant electrons.

Adding coil conductors (≤ 25 µm) in the beam causes the surface dose to increase

proportionally to the thickness of copper and aluminum as confirmed by the goodness

of fit. For thicker conductors the proportionality breaks down because they partially

self-shield, with downstream segments of the foil absorbing some of the electrons

produced upstream in the same foil.

Interestingly, the slopes of the fits in a magnetic field are lower than those without

a magnetic field. This is most likely due to the metal sheets shielding the surface

from contaminant electrons captured by the magnetic field. A thicker sheet, while

increasing the dose due to a greater build-up (bolusing effect), will also better shield

the surface from upstream contaminant electrons captured by the parallel magnetic

field. This means the effect of material in the beam is reduced in the presence of the

magnetic field compared to the open field dose. The ratio of slopes between copper

and aluminum (2.9±0.2 with no field, 2.9±0.7 with field) is consistent with the ratio

predicted by the relative electron density of the two metals (3.1)[87].

Measuring the surface dose below a hospital gown allows us to compare the effect of

the metal foils to a material that is used clinically and typically considered negligible.

Copper ≤ 25 µm, and aluminum ≤ 50 µm thick increase the surface dose less than a

hospital gown does. The conductors of RF coils can thus be made to have a negligible

effect on the surface dose.

Additionally, the enclosures for RF coils need not increase the surface dose to 83 %
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of Dmax as traditional MRI coil enclosures do[33]. Thin (17 µm) polyimide increases

surface dose by little over 1% (compared to an unobstructed beam). If enclosing poly-

imide layers are considered insufficient, a layer of polyester (127 µm), while increasing

the dose more than a hospital gown, is still dramatically less impactful on the surface

dose than traditional housings (4 - 6.3%Dmaxincrease vs. 60%Dmaxincrease)[33].

Surface dose increases due to material in the beam are consistent with previous

results[33]. These measurements are specific to the field shape and strength used. The

surface dose increases will differ for other magnetic fields and must be measured to

verify the trends described. Specifically, depending on the magnetic field strength and

shape, the contaminant electron spectrum at the surface of the patient will change[17].

As an extreme example, in perpendicular field almost all the contaminant electrons

as are swept away rather than trapped by the magnetic field. However, regardless of

the electron spectrum, the increased surface dose due to the bolusing effect will still

be present for surface RF coils regardless of magnetic field configuration or strength.

The measurements in this study were performed on foils that were slightly larger

than the radiation field size to allow for reliable comparisons between thicknesses and

materials. In reality, surface RF coils are constructed of narrow strips of foil and thus

these surface dose measurements represent upper bounds. The introduction of air

gaps that would be present in rigid volume coils will further reduce the surface dose

increase in perpendicular magnetic fields, where a large enough gap can eliminate the

bolusing effect completely[31, 33]. In parallel magnetic fields, gap leads to no surface

dose increase for foils, but larger gaps still reduce the peak surface dose increase due

to strip or rod of material in the beam[33]. This data also suggests that evaluating

the surface dose impact should be an integral part of the design procedure for RF

coils used in the radiation beam of MRIgRT systems.

Surface dose in the presence of a magnetic field is highly dependent on the strength

and orientation of the magnetic field lines and their proximity to the linac head.

Compared to the 0.5 T parallel field lines in the 120 cm SAD Alberta linac-MR, our
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experiments used a 0.22 T magnet at 170 cm SSD, whose field lines are not parallel

outside of the magnet. As such, compared to our experiments, the Alberta linac-MR

radiation field contains many more low-energy contaminant electrons and a larger

surface dose: 46%Dmaxto 75%Dmaxwithout and with a magnetic field respectively[88].

Due to this larger electron contamination, we anticipate that in the Alberta linac-MR

thin metal sheets will increase the surface dose beyond those values reported in this

work. The measurements and simulations needed to determine the extent of enhanced

surface dose in the Alberta linac-MR are beyond the scope of this work.

3.5 Conclusions

As advancements are made in MRIgRT, RF coils will continue to be critical com-

ponents in effective treatments and imaging. It is impractical to expect that every

MRIgRT treatment plan will avoid beam(s) passing through the RF-coil. The intro-

duction of materials in the path of the radiation beam leads to measurable increases

in patient surface dose that can have serious consequences. Surface coils will increase

entrance surface dose regardless of magnetic field strength or configuration (trans-

verse or parallel) due to the bolusing effect. This study is an investigation of different

thicknesses of copper and aluminum which could serve as alternative conductors in

RF-coils. RF-coils built with thinner and aluminum conductors may yield lower sur-

face dose if trends shown here extend to MRIgRT systems. Similarly, the enclosure

materials tested (polymide and polyester) interact with the beam on the same order

or less than a hospital gown. If these are used in RF-coils for MRIgRT systems, the

surface dose impact could be reduced.

For thin materials the surface dose increase is found to be proportional to thickness

and electron density of the material. Therefore, using thin (≤ 25 µm) and/or lower

density materials (aluminum rather than copper), may have applications in RF-coils

that are placed on the surface and in the path of the radiation beam.
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Chapter 4

How Thin Can You Go?
Performance of Thin and
Non-copper RF Coil Conductors

1

4.1 Introduction

Several emerging technologies are expanding the range of conductors available for RF

coils beyond traditional materials. In conventional RF coil construction, thick copper

conductors (including solid or hollow bars or tubes, as well as standard printed circuit

boards (PCB)) ensure the coil has the lowest possible losses for a given design due to

copper’s excellent electrical conductivity (5.9× 108Sm−1) [89]. Resistive losses in the

conductor lead to lower SNR [90] and therefore traditional coil design has naturally

placed an emphasis on minimizing losses. Use of conductors several times thicker

than the skin depth is necessary to avoid SNR losses due to sub-optimal current

cross-section [91].

Recent RF coil design paradigms, however, relax this convention to take advantage

of the benefits of thin or alternate conductor coils. For example, lightweight (minimal

enclosure), flexible coils are more comfortable [82] and can provide better SNR than

rigid setups due to closer proximity to the imaging region. Examples include screen-

printing to create RF coils that are incorporated into infant blankets [82], as well

1This chapter has been previously published as: Barta, R., Volotovskyy, V., Wachowicz, K.,
Fallone, B. G., & De Zanche, N. (2020). How thin can you go? Performance of thin copper and alu-
minum RF coil conductors. Magnetic Resonance in Medicine. https://doi.org/10.1002/mrm.28540
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as flexible, meandering wires that allow the coil conductor’s path to change [92, 93].

Conductive textiles can be stretched up to a 100 times their size [94], and a flexible

coil made from a conductive elastomer based on silver microparticles achieves an SNR

just 14% lower than a reference copper coil [95]. Liquid metal [96, 97] and braided

conductors [98] also allow for stretchable coils that closely fit moving and flexing

body parts [96, 98]. Further alternate conductors include aluminum (conductivity

3.54 × 108Sm−1), which has applications in multi-modality systems such as x-ray

MRI [85], PET-MRI [99], and linac-MR systems [12, 100], where interactions with

ionizing radiation must be minimized. In x-ray MRI [85], aluminum coils significantly

reduce artifacts in the x-ray image compared to the copper coils. In PET-MRI [99],

attenuation of the photons through aluminum is reduced compared to copper, but

the difference is inconsequential because the required correction is equally effective for

copper or aluminum conductors. In linac-MR systems [12, 100], the use of aluminum

conductor of the same thickness as copper leads to interactions with the beam that

are up to three times smaller.

Thinner conductors can also allow for reduced interactions with radiation [100],

as well as allowing form-fitting coils made of flexible PCB (which use thinner cop-

per than the up to 70 µm typically used in rigid PCBs). Quantifying the increased

resistance expected due to using a thinner conductor is, however, not simple analyti-

cally. For thin rectangular traces both the classical and lateral skin effects determine

the effective resistance of the coil; their contributions can only be approximated or

simulated and in practice must be measured [101, 102].

Consequently, in this study we compare the image SNR of coils that span a range

of conductor losses measured on the bench. This work demonstrates that despite

having higher resistance compared to standard thick copper, coils made of thinner

or alternate conductors achieve SNRs that may exceed intuitive expectations. We

believe this to be the first such exploration of a wide range of thicknesses (using two

materials) with other variables carefully controlled.
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4.2 Methods

4.2.1 Coil Construction and Bench Measurements

Surface coils for a 0.48 T (20.56 MHz) system were constructed with different thick-

nesses of thin aluminum foil (9 µm, 13 µm, 20 µm, and 127 µm). The 9 and 13 µm

thick aluminum foils had a polyester laminate backing (∼ 12µm thick). Preliminary

tests with small pieces of thinner aluminum (4 and 8 µm) without the backing ma-

terial were challenging to work with, inconsistent and unreliable because they often

had microscopic tears that impeded RF current flow. Thus, the resistance was higher

than expected with these thin materials and they were not considered further. For

comparison, coils were also constructed from thin copper (17 µm and 35 µm) with

polyimide (Kapton®) backing (∼ 17 µm), self-adhesive copper tape (32 µm), and

copper foil (127 µm). A much thicker copper coil was made of 600 µm copper bars

to demonstrate bulky conductors. At this frequency the skin depths for copper and

aluminum are 14.4 µm and 18.1 µm, respectively.

All coils consisted of a square 15× 15 cm2 loop of 6-mm-wide traces with 12.5 cm

long leads that were connected to a matching network (Figure 4.1). The long leads

were used to create a coil that could be struck by a radiation treatment beam [100],

while matching network components remained away from direct radiation. Total

length of the trace was approximately λ/18 at 20.56 MHz which satisfies the maximum

length criterion [103] without requiring additional capacitive breaks.

All coils (including 9 and 13 µm thick aluminum foils with polyester backing) used

thin acetate projector film for backing and structural support. The traces (6 mm

wide) were cut manually from the copper and aluminum foils (including any backing)

using a sharp blade, and fastened to the projector film using double-sided tape (3M

667-ESF, Saint Paul, MN, USA). For the 32 µm copper coil, 6-mm-wide copper tape

(Venture Tape Corp. No. 1725, Rockland, MA, USA) was pressed onto the projector

film in the same shape. Joints in the corners were soldered to create a continuous
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Figure 4.1: Coil schematic showing the dimensions (15 × 15 cm2) of the conducting
loop, as well as the layout of the tuning and matching circuits on the PCB and
corresponding circuit diagram.

trace. The 600 µm bars were sheared from copper plate into 6 mm wide strips and

then soldered into the required shape.

To ensure a stable electrical connection (especially for the aluminum coils that

cannot be soldered) the ends of the leads were clamped between two pieces of FR4

PCB using non-magnetic rivets. Two sets of seven-pin headers were soldered to the

PCB enabling the coils to be connected to tuning and matching capacitors mounted

on a separate PCB. The 600 µm copper coil was soldered to the PCB rather than

riveted.

Each coil was made resonant near 20.56 MHz (Larmor frequency at 0.48 T) to

measure quality factor (Q) and total inductance (L) by mating its pin headers to a

temporary PCB with female headers connected to two capacitors in parallel (68 pF

±5% and 47 pF ±5%). The Q was determined as the ratio of the resonance frequency

and the 3 dB bandwidth from the transmission spectrum obtained between two small

(∼ 1 cm ⊘) pick-up loops positioned at the corners of the square coils. Inductance
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(L) of each coil was determined from the measured resonant frequency (ν0) and the

known fixed capacitance (C = 115 pF, two Voltronics 11 series capacitors in parallel,

68 pF ±5% and 47 pF ±5%).

Measurements were conducted with a ZVL3 Vector Network Analyzer (VNA) (Ro-

hde & Schwarz, Munich, Germany). The quality factor was measured both unloaded,

Qu (coils supported by foam), and loaded, Ql, by a head-sized, cylindrical aqueous

phantom (19 cm ⊘, 15 cm high, 55 mM NaCl and 5 mM NiCl2; ASG Superconduc-

tors, Genova, Italy). The unloaded Q was used to determine the resistive loss in each

coil (rC). Achievable SNR of a coil, relative to its intrinsic SNR (iSNR), is related to

its efficiency (η ∈ [0, 1]) by [53]

SNR =
√
η ∗ iSNR. (4.1)

Efficiency depends on loss contributions from the sample (rS) and coil (rC). There

are additional losses introduced due to the capacitors, soldering, and radiative losses,

but these losses cannot be readily separated from the overall losses without modelling

[101] hence

η = 1− rC
rC + rS

. (4.2)

If η < 1
2
then coil losses are dominant, while if η > 1

2
the sample losses are dominant.

Since all coils have the same geometry, except for conductor material and thickness,

the intrinsic SNR is expected to be equal (i.e., rS is the same for all coils).

A symmetric matching network (Figure 4.1, right) was built on a small PCB and

connected to each coil through the headers. Tuning the coils to 20.56 MHz was

achieved using a variable capacitor (Voltronics AJ55HV, 0–55 pF) and symmetrically-

connected fixed capacitors (Voltronics 11 series, 150 pF±5%). The coils were matched

by adjusting a variable capacitor (Voltronics AJ25HV, 0–25 pF) connected in parallel

with fixed capacitance (two Voltronics 11 series 56 pF ±5% connected in series) by
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minimizing the return loss (|S11|) at the resonance frequency measured with the VNA.

To detune the coils during the transmission pulse of the imaging sequence, a passive

crossed-diode (BAV 99) trap with a hand-wound inductor (∼ 480nH) was connected

in parallel with the tuning capacitors. The coils were tuned and matched in the

loaded condition.

4.2.2 Image SNR Measurement

The constructed coils were tested in the Alberta 0.5 T linac-MR system [12, 23].

This system is a combination of a modified clinical 0.48 T scanner with an integrated

transmit volume coil (20.56 MHz ASG Superconductors) and a clinical linear accel-

erator. The parallel arrangement allows for real-time imaging while minimizing the

effect of the Lorentz force on radiation dose distributions [12]. For each coil, a single,

central 10 mm thick slice of the cylindrical phantom was imaged (Figure 4.2) with

a gradient-echo imaging sequence (field of view = 40 × 40cm2, TE = 12 ms, TR =

330 ms) to measure SNR variation with depth. A noise-only image corresponding

to each signal image was acquired by repeating the same sequence without the ex-

citation pulse. Each signal and noise image pair was acquired three times without

re-positioning. Identical positioning of the phantom and all receive coils was assisted

by markings on the table and phantom. Furthermore, transmit and receive RF am-

plifier gain settings were kept consistent across all measurements. This was achieved

by controlling these parameters within the TNMR spectrometer software (TECMAG,

Houston, TX, USA) of the system. Raw k-space data from the TNMR software was

fast Fourier transformed in MATLAB (MathWorks, Natick, MA, USA).

The SNR profile as a function of depth from the surface of the phantom was

determined to compare image quality across a large portion of the phantom. Stepping

pixel by pixel along the depth axis of the phantom, at each depth the pixel values for

the central 16 mm of the phantom were averaged to determine a mean signal value

for that depth. The noise magnitude for each profile was determined by taking the
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Figure 4.2: Experimental setup used for acquisition of phantom images in the linac-
MR (2a, left) as well as sample images for the 9 µm aluminum (2b, top right) and
127 µm copper coils (2c, bottom right).

standard deviation of the corresponding noise-only image. The ratio of the signal

values at each depth and the noise for that image gave an SNR profile for each signal

and noise image pair. The SNR profiles for the three image pairs for each coil were

averaged to give a single profile for comparison to those of the other coils.

As the standard for comparison of SNR between coils, locally weighted smoothing

was applied to the SNR profile of the 127 µm copper coil using the smooth function

in MATLAB (local regression, 2nd degree polynomial, based on nearest 10 points).

Each coil profile was fitted to this standard curve by multiplication with a scaling

constant obtained using least squares (LSQCURVEFIT, MATLAB). The scaling

constant corresponds to the relative SNR which gives the minimum least squared

error between the scaled standard and the data. The goodness of the fit was analyzed

using χ2 and p-values (χ-square test) [86]. Here the P-value is the chance that,
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assuming the fit is correct, a data set could be obtained and give a higher χ-square.

Extremely low p-values (≪ 0.01) signify poor fits. A p-value very close to 1 (>0.99)

suggests overfitting, or overestimated data errors. The solution covariance was used

to determine the 95% confidence range which was used as the error in the relative

SNR [86].

The relationship between the relative coil SNR as determined above, and the coil

efficiency, as determined previously through bench measurements, was used to obtain

an intrinsic SNR for this coil setup by fitting the SNR and root of efficiency data to

Equation (4.2)

4.3 Results

4.3.1 Coil Efficiency

The coil efficiency as a function of conductor thickness is tabulated for aluminum

and copper in Table 4.1. As can be expected [91], the quality of the coils (Table 4.1)

improves with increased conductor thickness, and aluminum coils have a lower effi-

ciency than copper coils for a similar thickness. These bench measurements predict

that even the thinnest (9 µm) aluminum conductor coil will achieve an SNR that is

almost 75% of that of the 127 µm copper foil coil despite a three times higher coil

resistance.

4.3.2 Image SNR

Figure 4.2 b and c show example images acquired with the 9 µm thick aluminum coil

and the 127 µm thick copper coil. Images acquired using each coil look qualitatively

similar despite the wide variation in coil materials, thereby showing that other vari-

ables such as geometry were tightly controlled. In Figure 4.3, the SNR profiles for

each coil (averaged from three measurements) are shown to highlight the SNR differ-

ences between different thicknesses and materials. Figure 4.4 shows the SNR of each

coil (squares and diamonds) relative to that of the 127 µm copper coil as a function
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Aluminum Resistance(Ω) Unloaded Q Loaded Q Ratio Efficiency

127µm .286± .009 239± 8 97± 2 2.5± 0.1 0.59± 0.02

20µm .462± .007 149± 1 80.0± 0.5 1.85± 0.02 0.461± 0.006

13µm .570± .009 114± 1 64± 2 1.77± 0.05 0.44± 0.02

9µm .74± .01 89± 1 59± 2 1.5± 0.2 0.34± 0.07

Copper Resistance(Ω) Unloaded Loaded Ratio Efficiency

600µm .172± .003 390± 5 104± 2 3.76± 0.08 0.734± 0.006

127µm .24± .01 290± 5 104± 2 2.8± 0.1 0.64± 0.02

35µm .30± .02 230± 10 100± 10 2.3± 0.3 0.56± 0.05

32µm .29± .02 230± 10 99± 9 2.4± 0.3 0.58± 0.05

17µm .33± .01 205± 8 90.6± 0.5 2.3± 0.1 0.56± 0.02

Table 4.1: Bench Measured Coil Specifications. Values are either directly measured
(Qs) or calculated from measured data (other columns). Uncertainty is based on vari-
ance across multiple measurements and accurate propagation of error for calculated
values.

of conductor thickness. The 95% confidence interval for the fit values is around 2%

making the error bars too small to visualize. P-values are between 0.4 and 0.5 which

confirms fits and statistical assumptions are reasonable [86].

The general trend in SNR as a function of thickness and material is similar to the

trend predicted by differences in coil resistance and efficiency. Indeed, plotting the

image SNR and bench measured efficiency (Figure 4.5) shows qualitative agreement.

101



0

20

40

60

80

100

120

140

160

180

200

   - 1 3 5 7 9 11 13 15 17

Si
gn
al
to

N
o
is
e

Depth in Phantom (cm)

Cu 127 μm

Cu 35 μm

Cu 32 μm

Cu 17 μm

Al 127 μm

Al 20 μm

Al 13 μm

Al 9 μm

0

Figure 4.3: The averaged SNR image profiles for each RF coil. Data for the 600 µm
thick copper coil is omitted as it was acquired with a different scaling.

0.6

0.65

0.7

0.75

0.8

0.85

0.9

0.95

1

1.05

1.1
0 20 40 60 80 100 120 140

SN
R/
SN

R_
Cu

12
7
μm

Thickness (μm)

Skin depth in aluminum (dots) and copper (dashes)

600

Aluminum

Copper

Aluminum Bench

Copper Bench

Al	Image	SNR

Cu	Image	SNR

Al	Bench	√η	

Cu	Bench	√η

Figure 4.4: SNR relative to that of the 127 µm copper coil obtained from both
the images and bench measurements. Mean load impedance of the phantom was
0.41+j0.19 Ω. The range of resonant frequencies was 20.1 to 21.3 MHz.

102



4.4 Discussion

As predicted, both bench measurements and acquired images confirm that the type

and the thickness of conductor affect the achievable SNR. By carefully controlling

experimental variables the bench-measured prediction of SNR ratios and the achieved

image SNR ratios agree within uncertainty for most coils. The difference exceeded

uncertainty in only in two cases (17 µm copper and 13 µm aluminum), for which the

uncertainties are likely underestimated.
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Figure 4.5: The measured image SNR/iSNR plotted against the bench measured
efficiency (η). The green curve is the relationship given by Equation (4.1) and iSNR
is obtained by fitting.

The calculated efficiency (Table 4.1) demonstrates that at 0.5 T for head-sized

phantoms the coils are operating in a transition region between sample-dominated

losses (rS) and coil-dominated losses (rC). Despite the range in unloaded Q (Ta-

ble 4.1), all of the tested copper coils have efficiency greater than 0.5. This is reflected

in the SNR measurements where the best and worst copper coils differ by about 20%

despite the dramatic difference in thickness. The efficiency is also greater than 0.5

for the 127 µm aluminum coil. However, for aluminum the range of thicknesses ex-

tends to very thin coils where conductor losses are greater than the sample losses.
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This is illustrated by the performance of the 9 µm aluminum coil which is strongly

coil-loss dominated (η = 1/3). Still, this coil is in the range (η > 0.25) where the

slope (Figure 4.5) remains below 1. In terms of SNR performance, this results in a

35% difference between the 127 µm copper coil and the 9 µm aluminum coil despite

the over 40 fold difference in areal density.

The 32 µm copper coil is an outlier since it outperforms most other foil coils

despite being of intermediate thickness. This coil’s traces are machine-cut strips of

copper tape and hence have likely overall smoother edges than were achieved by

cutting copper and aluminum foil manually with a sharp blade. Edge imperfections

(roughness) lead to additional losses because at these frequencies there is current

crowding near high-curvature points of the conductor. Current will be especially

concentrated at the edges of the cross-section where the imperfections are.

Overall, the measurements indicate that while, certainly, a thickness of multiple

skin depths yields the best-performing RF coils, the losses increase only modestly

down to thicknesses on the order of one skin depth. The losses nearly double between

127 µm and 20 µm thick aluminum (a factor of 5 smaller thickness), but it only

takes a further halving of conductor thickness to 9 µm to increase losses by the same

amount again. The data in Figure 4.4 indeed suggest the appearance of an elbow in

the SNR performance near 20 µm.

These data are also an experimental exploration of the theoretical relationships

in Equation (4.1) and Equation (4.2) [53]. Impacts of material and thickness are

lumped together in the total resistance of each coil, or its efficiency. The data are

in general agreement with the expected relationship (Figure 4.5). The minimal SNR

advantage of the thickest copper (600 µm bars) over the 127 µm standard illustrates

that covering a wider range of possible efficiencies will require changes beyond simply

the thickness of the conductors (e.g., coil dimensions, capacitor distribution, and/or

frequency). The measurements would consequently be more challenging to control

and compare.
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These measurements were performed at an intermediate field strength of 0.5 T.

As field strength (and consequently resonant frequency) increases, the proportion of

losses due to the load will increase. At higher field strengths, even thin aluminum

coils are expected to operate in the sample-loss-dominated regime, and thus the use

of this material in coils for, e.g., PET-MR scanners, is quite feasible.

4.4.1 Radiation Induced Current

This study only investigates the effect of material on image quality in MRI images.

To avoid confounding effects, radiation was not delivered during imaging. This means

that the imaging performance of these coils during treatment will be degraded further

by any external noise sources from the linac, and importantly, by virtue of being in the

beam, the image quality will be reduced due to radiation induced current (RIC)[31,

34, 35, 60]. It is difficult to estimate the effect of RIC based on previous studies

and in future work that evaluates clinical coils, the effect of RIC must be measured.

Based on investigations at 0.2 T and 1.5 T, the predicted SNR loss due to RIC at

0.5 T likely won’t exceed the 20% SNR losses seen at 0.2 T even with higher dose

rates ( 600 MU/min) due to the square dependence between signal voltages and field

strength, but the SNR loss should be expected to be higher than that seen at 1.5 T for

the same reason[31, 35]. Specific investigations are warranted as RIC effects depend

on such aspects as the design of the RF-coil and the choice of imaging sequence[34,

35, 60].

4.5 Conclusions

As MRI technology seeks to use RF coils made of thin or alternate conductors for

emerging applications, there has been a need to investigate conductors that are lossier

than traditional bulky copper conductors. This study presents a verification of the

efficiency and SNR relationship for identically-constructed coils under controlled con-

ditions. The coils cover a nearly five-fold range of losses, use the same lumped compo-
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nents, and are evaluated under the same loading conditions. As expected, the losses

due to thin conductors are most dramatic when they are thinner than one skin depth

at the Larmor frequency. Furthermore, for thick coils the effect of using aluminum

rather than copper is found to be minimal when comparing conductors of similar

thickness. A 127 µm thick aluminum coil, despite its 20% higher resistance, achieves

the same SNR as a 127 µm copper foil conductor. Even the aluminum coil, with

several times higher losses (3× higher resistance), achieves SNR better than half that

of thick copper and aluminum (65% that of 127 µm copper foil).

These results highlight the fact that a significant change in coil resistance may not

lead to a catastrophic loss of SNR, thus justifying the use of thin or alternate conduc-

tors in applications where a limited SNR loss is not critical and is outweighed by the

advantages gained, such as comfort or radiological transparency (e.g., aluminum).
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Chapter 5

B0 Orientation Invariant
Quadrature Detection in a
Rotating Linac-MR

5.1 Introduction

RF-coils are an essential piece of the instrumentation needed to achieve real-time

image-guided radiation therapy with the combination linear accelerator and magnetic

resonance imaging system known as linac-MR or MR-linac. The linac-MR is the next

step in improving the radiation therapy treatments that can be provided to patients.

It allows for tighter margins, dose escalation and adaptive treatment with fewer side

effects [104, 105].

There are several distinct MR-linac combination systems in various stages of de-

velopment. The Electa Unity and Viewray MRIDIAN are perpendicular systems

which means they have a fixed main magnetic field (B0) that is perpendicular to the

beam axis [14, 106]. They have cylindrical windings that generate a magnetic field

B0 along the bore axis, and a linear accelerator is mounted on a gantry to rotate

around the bore, with beam being along an axis orthogonal to B0. The perpendic-

ular arrangement of the treatment beam and B0 leads to perturbations in the dose

deposition because the Lorentz force bends the paths of secondary electrons. The

Alberta Linac-MR and the Australian MRI-linac are parallel systems, meaning their
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treatment beams are parallel to B0. While in the Australian MRI-linac both B0 and

linac are fixed[15, 16, 28], the Alberta Linac-MR has a magnetic field that co-rotates

with the beam gantry. The B0 is generated by magnets mounted on the same gantry

as the linear accelerator [12, 22]. The Alberta Linac-MR has the ability to treat

from all gantry angles, including arc treatments, by rotating this gantry, in contrast

the fixed gantry Australian MRI-Linac requires rotation of patient instead. Unlike

the Unity and MRIDIAN systems, the Alberta Linac-MR also maintains a parallel

orientation of the B0 and treatment beam, which means the dose deposition is not

significantly distorted as seen in perpendicular systems. The field in a parallel system

causes electrons to follow helical trajectories but does not deflect them in a particular

direction [27]. One challenge of parallel systems is that if the B0 is poorly shielded in

the head of the linac and for a section of the air column, it will trap and guide head

scatter and air scatter electrons toward the patient, leading to an increase in surface

dose [33, 79].

Despite their differences, all linac-MR systems need to achieve precise treatment

delivery and excellent rapid imaging of soft-tissue structures. The latter can only be

accomplished with high SNR obtained from specially designed RF-coils.

A key aspect of RF-coils for linac-MR systems that has been studied extensively is

the interaction between RF-coils and the radiation beam. Traditional surface arrays

placed in the beam can increase the surface dose several fold, which could lead to

unwanted and harmful skin reactions in patients [33, 100], even if the dose to the

target site is unchanged [32]. Several ways to address this issue have been proposed

and tested. In perpendicular systems, the Lorentz force on electrons generated in

the coils has been exploited by using spacers to generate an airgap between the RF-

coil array and the patient [31]. Imaging quality is also affected by the interaction of

radiation with in-beam coils. Conductors made from thin copper and aluminum have

been evaluated in this thesis (Chapter 4) and the surface dose effect of such conductors

has been measured for parallel systems (with relevance to perpendicular systems as
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well) as described in Chapter 3. Out-of-beam RF-coils, which avoid collisions between

the radiation beam and the coil altogether, are another conceptually simple solution

to undesired consequences of beam and RF-coil interactions. Out-of-beam coils have

been explored for the Australia Linac-MR [37] and for the Alberta linac-MR [36].

The rotating B0 (around the patient axis) is a unique property of the Alberta

Linac-MR. In addition to avoiding interactions with the treatment beam, RF-coils

for the Alberta linac-MR also need to be designed with consideration of how image

quality varies as a function of gantry rotation. The rotation of the B0 means the

magnetization’s plane of precession will be different at different gantry angles. The

patient axis is always perpendicular to B0 and a coil sensitive to this axis will have

angle-invariant SNR. The second component of precession, however, rotates in the

patient transverse plane along with B0 though always orthogonal to B0 (Figure 1.1).

In earlier work, quadrature-like detection was achieved with out-of-beam coils, by

combining widely spaced single turn and double butterfly channels [36]. The loop

and butterfly coils were decoupled thanks to wide spacing, and SNR was detected at

three gantry angles.

This chapter describes a three channel coil array that is planar. All channels are

positioned in a coil stack, ensuring stable geometric decoupling since all three channels

are in one piece. This arrangement can be used along with immobilization devices

or additional coils. The theory behind stacking a single turn and two orthogonal

butterflies into a three channel array sensitive to all components of magnetization has

been explored before using multi-modal arrays, in which the array can operate in one

of several resonant modes. For example, a spoked design coil can be used in various

modes (single turn, butterfly, or even quadrants), based on the shape of the coupling

loop [107]. More generally stacked resonators with sensitivities along different axes

are commonly investigated, though typically limited to quadrature coils. Two coils

generate mutually orthogonal fields that are also both orthogonal to B0, with the

goals being higher densities of coil elements in arrays or boosting sensitivity of single
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turn coils with an orthogonal channel [108–110]. Three orthogonal square loops have

been investigated in simulation as a way to detect arbitrary fields, but being identical

loops the arrangement could not be planar [111].

center axis

ce
nt

er
 a

xis

Figure 5.1: A stacked, planar three channel array. A single turn (pink), a verti-
cal butterfly (orange), and a horizontal butterfly (blue), are co-axial arranged and
placed close together to minimize set-up complexity. This single piece planar array
achieves quadrature detection independent of gantry angle. Pavel Barta ©. Used
with Permission.

Two butterflies and a single turn coil are sufficient to capture both components of

precession in any plane as the primary sensitivity axes of the three coils are mutually

perpendicular. A single turn coil is sensitive along the axis normal to the plane of

the coil (transverse plane). A butterfly is sensitive to an axis in the transverse plane.

If one of two butterflies is rotated 90°; then one will be sensitive to the axis normal

to the sagittal plane and the other to the axis normal to the coronal plane.

The geometry chosen for the three channels should also ensure zero mutual in-

ductance is achievable between each pair of coils. A single turn coil concentrically

overlaid on a butterfly will overlap equally with each of the two lobes of the butterfly.
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The lobes generate equal and opposite fields, hence there is zero mutual inductance.

Similarly, the symmetry of each lobe of a butterfly leads to zero mutual inductance

between a rotated butterfly pair.

The goal of this study is to design, build, and characterize the first planar three-

channel array, intended for head imaging, that achieves gantry angle independent

imaging and completely avoids collisions between the radiation beam and the coil. To

date there have been no investigation of such an array and no study has investigated

the change in SNR of a triply orthogonal array over a 180° gantry rotation.

5.2 Methods

5.2.1 Theory

The three-channel array for the Alberta 0.5T Linac-MR consists of a single loop

coil and two butterfly coils arranged co-axially. The butterflies are rotated 90° with

respect to each other. This orthogonal arrangement gives the desired sensitivity to

magnetization precessing in any plane and allows all three channels to be decoupled

geometrically.

In case of the rotating B0, the sufficiency of this design can be described visually

as in Figure 5.2 and in words as follows: Let sC be the signal received by an upright

single turn coil, and let Ĉ be the patient inferior to superior axis. Note that the single

turn coil is sensitive primarily to magnetization along the Ĉ axis. Let sH be the signal

received by a butterfly coil with the the plane of symmetry being the patient sagittal

plane (horizontal butterfly coil), and let Ĥ be the patient left to right axis. Note

that the horizontal butterfly coil is sensitive primarily to magnetization along the Ĥ

axis. Let sV be the signal received by a butterfly coil with the the plane of symmetry

being the patient coronal plane (vertical butterfly coil), and let V̂ be the patient

posterior to anterior axis. Note that the vertical butterfly coil is sensitive primarily

to magnetization along the V̂ axis.
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Figure 5.2: The axis (black) defined by the patient and the static RF-coil array is
marked by the axis labels C, H, and V. When the gantry holding the magnet and
linac is rotated to some gantry angle θ the main magnetic field B0 defines the axis
(brown) marked by x̂, ŷ, and ẑ. The magnetization (red) which will precess about ẑ
can be described by components osillating at the Larmor frequency along C, H, and
V using simple geometry. Each of the coils in the array is primarily sensitive to one
of the components C, H, and V. By combining the Larmor frequency signal in each
of these coils the magnetization in the xy-plane, Mi is detected in a quadrature-like
manner. It is detected both when along x̂ and ŷ regardless of the gantry angle θ.
Pavel Barta ©. Used with Permission.

Based on the reference frame defined by the orthogonal Ĉ, Ĥ, V̂ , as the gantry

rotates, B0 will rotate in the Ĥ − V̂ plane. Consider the B0 at some angle θ with

respect to V̂ . In the typical reference frame then, where the z-axis is along B0, the
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magnetization can be described by Equation (2.9):

Mx(t) =Mi cos(ω0t)e
−t
T2

My(t) =−Mi sin(ω0t)e
−t
T2

Mz(t) =M0

(︂
1− fe

−t
T1

)︂
f =1−

√︁
M2

0 −M2
i

M0

(5.1)

The magnetization can be described in terms of the coil array co-ordinate system in

terms of θ by:

MC(t) =Mi cos(ω0t)e
−t
T2

MH(t) =−Mi sin(ω0t)e
−t
T2 cos(θ) +M0

(︂
1− fe

−t
T1

)︂
sin(θ)

MV (t) =Mi sin(ω0t)e
−t
T2 sin(θ) +M0

(︂
1− fe

−t
T1

)︂
cos(θ)

(5.2)

The signal is proportional to the magnetization (see Equation (2.22)). The signal

in each coil also depends on a spatially dependent sensitivity, which is described by

the spatial term (Equation (2.24)). The magnetic field produced by each of the coils

is dominantly along the described primary axes, Ĉ, Ĥ, and V̂ . Consider the initial

magnetizationMi at point in the sample where all three coils have comparable spatial

term magnitude(let
⃓⃓⃓
S⃗p

⃓⃓⃓
= 1, Equation (2.24))). Ignoring relaxation, the signal due

to this magnetization then is given by:

sc(t) =− ω0Mi sin(ω0t)

sh(t) =ω0Mi cos(ω0t) cos(θ)

sv(t) =− ω0Mi cos(ω0t) sin(θ)

(5.3)

Note that in a root sum of squares combination the sH and sV will result in

ω0Mi cos(ω0t). This is the quadrature component complementary to sC , giving

quadrature-like reception at any gantry angle θ.

The geometric decoupling between the channels is best described graphically (Fig-

ure 5.3). Between each pair of coils the equal but opposing components of mutual

flux cancel, leading to no net mutual inductance between the coils.
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Figure 5.3: A visualization of the geometric decoupling that is achieved by the sym-
metry of the the coil channels. Plus and minus symbols represent the sign of the
coupled signal. In each case, because the geometry is symmetric, each coupling mag-
nitude will be equal. The interaction between coils is dictated by the product of their
coupling and the signals in each coil. When there are multiple segments with differ-
ent products the effects must be added together. On the left, the coupling between
the single turn coil and each lobe of the butterfly is equal and opposite leading to a
net zero coupling. On the right is shown two overlapped butterfly coils. Due to the
90° rotation the opposing phases in each lobe lead to 4 equal couplings, two of each
effective sign. Once again when summed, the net effect on the signal in each coil due
to the other is zero. Pavel Barta ©. Used with Permission.

5.2.2 Construction

The array layout was designed in Kicad (https://www.KiCad.org/) and was printed

by a PCB manufacturer (JiaLiChuang [HongKong] Co., Limited). Two butterfly coil

patterns were printed on opposite sides of a biplanar PCB using 70 µm copper traces

for minimum resistance. Each butterfly consists of two mirrored D shapes with the

pair forming a broken circle with a 15 cm radius. The third coil element, a single

octagonal loop, was made using 1.27 cm wide self-adhesive copper tape (Venture Tape

Corp. No. 1725, Rockland, MA, USA) adhered to a cardboard base. The tape was 32
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µm thick copper and each segment had an outer length of 8 cm. Four indexing holes

at the corners of the PCB and cardboard base allowed for precise co-axial positioning

of all three elements. Plastic screws and tape held the octagon firmly to the PCB.

Figure 5.4: The matching and tuning circuits for the single turn coil are shown on
the left and for the butterfly coils on the right. Note the parallel de-tuning circuit
consisting of LDT and cross-diodes in series. The tuning capacitor (CT) was a variable
capacitor in each case, while the matching capacitors (Cm) were fixed. Pavel Barta
©. Used with Permission.

Tuning elements were mounted at central locations, connecting the two butterfly

halves in parallel (Figure 5.4). Vias connecting the two planes of the biplanar PCB

allow all matching elements to be mounted on the same face of the biplanar PCB.

Additionally, cables could be mounted on the same side (Figure 5.5. For the octagon

coil the tuning and matching were mounted at one segment of the loop (Figure 5.4)

5.2.3 Bench Measurements

The coil stack was mounted vertically and placed next to a phantom. Bench measure-

ments of unloaded quality factor (Q), resonance frequency, return loss, and decoupling
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Figure 5.5: Left: The copper tape trace of the octagonal coil including the mounted
capacitors. The tuning and matching capacitors for the horizontal butterfly are visible
in the cutout of the cardboard. Right: The trace of the vertical butterfly partly
masked by green paint. Faintly visible through the board is the horizontal butterfly
on the opposite side of the two sided board. Copper tape segments used to slightly
shift the current paths to improve decoupling between the butterflies are visible on
the vertical butterfly.

were made with a Vector Network Analyzer (VNA) (Rohde & Schwarz ZVL3, Munich,

Germany). Matching and tuning were adjusted iteratively cycling through all three

channels. Q was measured with an S21 measurement between the measured channel

and a small sniffer probe. Coupling was also optimized through the addition of copper

tape segments to adjust mutual capacitance and/or inductance between the various

channels. Copper tape was adhered off-center on exposed soldering pad segments of

the butterfly loop. The copper segments provide parasitic current pathways that shift

the effective shape of the butterfly coil.

For each pair of channels decoupling was optimized by fine adjustments of the

tuning and matching capacitors while retaining at least -20 dB return loss and system

frequency for each channel. The third channel was then adjusted to achieve the best

isolation to the other channels while also retaining -20 dB return loss at the Larmor

frequency within the 3dB resonance peak for each channel. Each of the coils was

checked and minor capacitor and alignment adjustments were made if needed.
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5.2.4 Imaging

Imaging experiments were conducted on the Alberta 0.5T Linac-MR with x-ray beam

off to investigate the gantry dependent imaging properties of the coil array as a

function of the changing orientation of the magnetic field. The imaging subject was

a cylindrical aqueous phantom (19 cm ⊘, 15 cm high, 55 mM NaCl and 5 mM NiCl2;

ASG Superconductors, Genova, Italy) positioned coaxially and 2.6 cm away from

the coil array as shown in Figure 5.6. The phantom is positioned with its long axis

along the table and its center located at the system iso-center. The coil array was

positioned vertically in the bore, standing on the treatment table with the coil array

being co-axial with the bore and hence the gantry’s axis of rotation (see Figure 5.6).

Figure 5.6: The in-bore set-up of the planar three channel array as positioned next
to the cylindrical phantom. Axes of sensitivity for the three channels are shown and
the gantry angle rotation is depicted.

A gradient-echo imaging sequence (field of view = 25 × 25 cm2, 10 cm thick slice,

TE = 12 ms, TR = 330 ms, nominal flip angle = 60°) was used to evaluate the

performance of the coil array at a range of gantry angles (-90° to 90°). The array and

phantom were kept stationary on the couch and the gantry was rotated to each gantry
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angle. Transverse, coronal and sagittal slices were acquired through the center of the

phantom in the same planes at each gantry angle. To determine SNR, a noise-only

image was also acquired at each gantry angle with identical imaging parameters, but

without an excitation pulse.

The isolated performance of each individual coil channel and the combined image

at each gantry angle was evaluated using MATLAB scripts (The Mathworks Inc,

Natick, Massachusetts, United States). Individual channel SNR was evaluated as the

ratio of the mean signal from the 5 cm x 5 cm central region of the phantom and the

standard deviation of the noise-only image. A combined SNR image was generated

using weighted root sum of squares (wRSS) [64, 65] and the combined SNR was taken

as the mean signal from the 10 x 10 cm central region of the phantom in this wRSS

image. For the coronal and sagittal slices the depth profiles were also generated to

evaluate drop-off in sensitivity as a function of distance from the array. The depth

profile was obtained by averaging the central 10 cm at each depth across the phantom.

The isolation of the channels was evaluated by generating noise correlation matrices

from the noise-only images and plotting the off-diagonal elements as a function of

gantry angle.

In addition to SNR measurements, the flip angle was mapped in the same slices

as for the SNR measurements at 0° and 90° gantry rotations using the double angle

method (using nominal 45° and 90° flip angles). A volume transmit coil was used for

all acquisitions.

5.3 Results

The bench measured Q-values and couplings for the coil array, after iterative adjust-

ment of all three channels, are given in Table 5.1. The matched Q of all three coils is

100. These matched Q-values are reasonable for the frequency of interest and given

the conductor used. The coupling between any two channels was at or better than

-16 dB. The highest coupling of -16 dB occurred between the two butterflies which
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share opposite sides of the PCB board and thus couple capacitively. This coupling is

acceptable for imaging and similar or higher values are found often in the literature

[110, 112].

Coil Element Unloaded
Q-Value

Loaded
Matched
Q-value

Coupling to
Next Coil

Element (dB)

Octagonal
Loop

100± 10 100± 10

-31

Horizontal
Butterfly

110± 10 100± 10

-16

Vertical
Butterfly

100± 10 100± 10

-40

Table 5.1: Bench Measured Q-values and Decoupling between channels.

Good image quality was achieved with the array at all gantry angles and for all

three slices (Figure 5.7-5.10). The SNR of the combined array averaged 32 ± 4 across

all gantry angles (Figure 5.11-5.13). The performance of the array is approximately

constant across all the gantry angles, with some outliers in the coronal slice images

acquired at the -45°, -67.5°, and -90°. The SNR in these images is lower than that in

transverse and sagittal images.

The SNR of the individual butterfly channels varies with gantry angle as expected

based on the changing plane of precession (Figure 5.6). The horizontal butterfly varies

as the cosine of the gantry angle and the vertical butterfly varies as the sine of the

gantry angle, while the octagonal loop has approximately constant performance at

each gantry angle.

As expected, the SNR fall-off with depth for the butterflies is more rapid than for

the octagonal loop (Figure 5.14-5.16) [113]. While the butterflies have higher SNR
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Figure 5.7: Example combined wRSS SNR images at gantry angles 0° (transverse
slice shown), 45° (coronal slice shown), and 90° (sagittal slice shown) [from left to
right].

SNR

-90 -67.5 -45 -22.5 0 22.5 45 67.5 90Gantry Angle

Octagonal Channel

Horizontal Channel

Vertical Channel

wRSS Sum 

Figure 5.8: Individual channel SNR images and the combined wRSS SNR images at
each gantry angle for the transverse slice.
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Figure 5.9: Individual channel SNR images and the combined wRSS SNR images at
each gantry angle for the coronal slice.
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Figure 5.10: Individual channel SNR images and the combined wRSS SNR images at
each gantry angle for the sagittal slice.

near the coil, at the center of the phantom where the transverse slice is acquired they

achieve similar SNR to that achieved by the loop. Furthermore, the depth profile

looks significantly different for the butterflies at the various gantry angles, as their

overall sensitivity changes with the rotation of the precession plane (gantry angle).

Because isolation between the channels is very good, the highest noise correlation
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Figure 5.11: SNR variation in the transverse slice across gantry angles for individual
channels and for the wRSS combined image. Reported values are the average of the
central 5 cm x 5 cm of the image (10 cm slice thickness).

value is merely 5% between the octagonal loop and horizontal butterfly channels at

a gantry angle of 22.5° (Figure 5.17)

Acquired flip angle maps (Figure 5.18) show good uniformity is maintained across

the extent of the phantom with a reduction in flip angle occurring right next to the

coil, which suggests less than perfect detuning achieved using passive crossed-diode

traps [43]. The flip angle map was not successfully acquired for the coronal slice at

the -90° gantry angle due to a technical error. The flip angles achieved were likely

not outside the linear region of the cosine curve, which is needed for the double-angle

method to work.
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Figure 5.12: SNR variation in the coronal slice across gantry angles for individual
channels and for the wRSS combined image. Reported values are the average of the
central 5 cm x 5 cm of the image (10 cm slice thickness).
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Figure 5.13: SNR variation in the sagittal slice across gantry angles for individual
channels and for the wRSS combined image. Reported values are the average of the
central 5 cm x 5 cm of the image (10 cm slice thickness).
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Figure 5.14: SNR as a function of depth from coronal slices acquired at a gantry
angle of 0°.
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Figure 5.15: SNR as a function of depth from coronal slices acquired at a gantry
angle of 45°.
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Figure 5.16: SNR as a function of depth from coronal slices acquired at a gantry
angle of 90°.
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Figure 5.17: Gantry dependence of the noise correlation coefficients between octagonal
(O), horizontal (H), and vertical (V) channels of the planar array.
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Figure 5.18: Flip angle maps of combined images (wRSS): Top left: Gantry angle of
0°, sagittal slice. Top Right: Gantry angle of -90°, sagittal slice. Bottom Left: Gantry
angle of 0, transverse slice. Bottom Right: Gantry angle of -90°, transverse slice.
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5.4 Discussion

The coil array is designed to be positioned at the top of the patient’s head. This leads

to poorer coupling between the coil and the sample than in designs that wrap around

the head. Bench measurements highlight that the coils are not heavily sample-loaded,

and are operating in the coil loss dominated regime. Copper conductors of sufficient

thickness (35 µm and 70 µm) are needed to construct low loss coils.

The combined reconstructed images highlight the image quality that was achieved

with the coil and the chosen imaging sequence. The phantom extent is easily iden-

tified, and the transverse slices are very uniform which is as expected for a uniform

phantom imaged with this array. In the coronal and sagittal slices the expected fall

off of the signal way from the planar array is evident.

The essential image quality requirement for this array is its stability with gantry

angle. This feature is demonstrated in the plots of SNR against gantry angle (Fig-

ure 5.11-5.13). Most cleanly this is seen in the transverse slice where the SNR varies

by less than 10% across all gantry angles. This kind of variation (<10%) will not

be visually noticeable and hence the combined SNR is deemed constant across all

gantry angles (-90° to 90°). While measurements were only done for a 180° rotation,

due to the symmetry of the array and the symmetry seen in the measurements, very

similar results are expected over 360°. This constant image quality comes from the

combination of a constant baseline provided by the octagonal coil channel, and the

two butterfly coil channels that vary sinusoidally, but 90° out of phase with respect

to each other. This result suggests the array is an excellent option for imaging during

typical treatments that involve radiation delivery from multiple gantry angles.

The horizontal butterfly channel has a maximum SNR at a gantry angle of 0° and

follows a cosine curve to minimums at -90° and 90°. Conversely the vertical butterfly

channel has a minimum at 0° and reaches maxima at -90° and 90°. In the center

of the phantom where the transverse slice is acquired, at 45° the three channels all
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have very similar SNRs. This is possible because the butterflies have higher peak

SNR than the octagonal channel. In this design arrangement the octagonal channel

acts as a baseline boost to the butterfly channels, and helps ensure SNR of the array

doesn’t fall too rapidly with depth in phantom. The complementary SNR profile of

the butterflies and octagonal channels is further emphasized by the depth profiles at

each gantry angle (Figure 5.12 to 5.14). The butterflies are characterized by faster

fall-offs with depth than the octagon and their higher peak performance. This is in

line with the expectations for two different styles of coil [113].

It should be noted that the horizontal butterfly channel signal does not drop in

SNR as much at 90° (Figure 5.16) as the vertical butterfly channel signal does at 0°

(Figure 5.14). This is to be expected due to the 90° rotation between the horizontal

and vertical butterfly coils and because the coronal imaging plane does not rotate

with the gantry. Since the coronal and sagittal slices are defined with respect to

the phantom, they are along different lines of symmetry for the two butterfly coils

as a function of θ. This can be seen in the individual channel transverse images in

Figure 5.8. The coronal slice acquired with the vertical butterfly at a gantry angle of

0° is analogous to the sagittal slice acquired with the horizontal butterfly at a gantry

angle of 90° or -90° (compare Figure 5.9 and Figure 5.10).

The behaviour of the horizontal and vertical butterfly channels is not quite comple-

mentary. There is an asymmetry around a gantry angle of 0° that is most easily seen

in the coronal slice SNR values (Figure 5.12). The asymmetry in SNR is accompanied

by a geometric deformation of the phantom in the images taken at negative gantry

angle. This suggests an uncompensated variation in B0 inhomogeneity with gantry

angle. A coil shift with the change in gantry angle can also explain the result, but no

shifts were observed.

The isolation between all the channels is excellent both in terms of the bench

measured transmission loss between channels Table 5.1 but also based on the cross-

correlation of the noise images. With a peak correlation of about 5% each of the
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channels is contributing unique information and SNR is not being degraded by the

presence of the other coils.

The B1 maps (Figure 5.18) show that the phantom was excited fairly uniformly.

Some distortion is evident near the coil, highlighting that the passive decoupling

via crossed-diodes could be improved upon, but over the majority of the phantom

volume, and hence the target area where high-SNR imaging would be needed during

treatment, the flip angle is sufficiently uniform.

This coil arrangement achieves the objectives for use in the rotating B0 linac-MR.

The closest the SNR for the sum of all the channels and any individual channel come

to one another is 10% (Coronal slice, 0°), but in general for most slices and at most

gantry angles the wRSS combination outperforms any individual coil by at least 30%.

The fairest comparison is to the octagonal coil which also doesn’t vary with gantry

angle and the array approaches double the SNR of the octagonal coil alone for nearly

every gantry angle and slice.

5.5 Conclusions

The combination of a single turn coil with two orthogonally oriented butterflies is

a clear choice for an out-of-field RF-coil array that can maintain consistent image

quality over a 360° gantry rotation. The addition of the two butterflies improves

the SNR by nearly 100% over that of the octagonal coil at most gantry angles. The

SNR of the array was constant (<10% variation in transverse slice images) across

the entire 180° gantry rotation tested, and the individual butterfly channels varied in

their contribution sinusoidally, as expected.

The three channels of this planar array were very well decoupled on the bench,

as was verified in noise correlation measurements. The array also shows uniform B1

maps, acquired based on the double angle measurement, with limited distortion close

to the array due to the limitations of passive detuning. The three channel planar

array is an effective out-of-field RF-coil array for gantry angle independent imaging
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on a rotating B0 linac-MR.
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Chapter 6

Future Work

The findings in this work and their limitations are opportunities for future work. In

addition to being an inspiration for more purpose built RF-coils for Linac-MR sys-

tems, the limitations seen in my work offer new avenues for investigating effects of

other materials in a radiation beam, investigating lumped components in a radia-

tion beam, measuring radiation induced current in surface coils, and modelling and

measuring dose below custom built RF-coils in a Linac-MR.

Consider the designs explored in Chapter 3 and Chapter 4; this work paves the

way for in-beam RF-coils on all Linac-MR systems, with either parallel or perpen-

dicular magnetic field orientation. They also motivate expanded use of aluminum

conductors in X-ray MRI [85] and PET-MRI [99] systems where radiation interac-

tions are undesired. Offspring of these chapters are investigations of thin aluminum

and copper conductor surface coil arrays in other contexts. Furthermore the research

in this thesis is limited to exploration of copper and aluminum strips directly in the

field. Other materials like graphene or silver paint [82, 83] may have applications,

despite the clear limitations of much lower conductivity and higher electron density,

respectively.

A major question that could not be answered in this work is what is the real trade

off between sparing surface dose and degrading SNR with thinner or aluminum coils

in the 0.5 T linac-MR. Work in this thesis was limited to delivering representative

131



radiation in a 0.2T magnetic field and acquiring images at 0.5 T. It is known that the

electron spectrum at the surface will be very different in a 0.5 T linac-MR than in

the 0.2 T magnetic field used in Chapter 3. The Alberta Linac-MR system offers the

ability to evaluate the surface dose and imaging capabilities simultaneously. In-beam

RF-coils could be evaluated in terms of their surface dose effect and their achieved

SNR, including the SNR differences seen with and without a radiation beam.

This study only investigated the effect of material on image quality in MR im-

ages. To avoid confounding effects, radiation was not delivered during imaging. This

means that the imaging performance during treatment while using these coils will

be degraded further by any additional noise sources whether external un-shielded

RF-noise or radiation induced current (RIC) due to radiation striking the conduc-

tors[31, 35]. Investigations with coils for the 1.5 T MR-linac have shown less than

5% degradation of SNR in a 680 MU/min photon beam[31]. While this suggests that

at 0.5 T the SNR reduction due to RIC will also be less than the up to 20% seen

in measurements at 0.2 T[35], the effect also depends on the the RF-coil design and

imaging sequences. This means specific investigations with surface coils at 0.5 T are

warranted.

The work in Chapter 3 also raises the question that if conductors can be in the

beam path, what about lumped components? Investigations of component reliability

in a radiation beam, and their effect on surface dose is crucial for some surface array

designs, especially at higher field strengths where more capacitive segmentation is

required. This may motivate investigations of radiologically ”thin” capacitors.

It is also important to develop methods to model the dose impact of RF-coils.

Whether doing a CT-sim without RF-coils, or doing an MR-sim where the coils are

not visible in the image, there need to be effective ways to add RF-coils to treatment

plans and their effect on treatment dose must be calculated accurately. This includes

not only measured increases directly below a conductor, but also effects of oblique

(relative to the coil) radiation delivery. Surface dose is challenging to measure and
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poorly simulated in standard treatment planning systems, thus the treatment plan-

ning aspect of in-beam RF-coils offers many opportunities for further research.

The gantry angle invariant coil array developed in Chapter 5 lays the ground work

for a range of RF-coils for the rotating B0-Linac MR. In addition to being used alone

as an out of the radiation field head coil, an avenue for exploring the design further

is to replace the single turn channel with a Helmholtz-like pair, where a second ring

can be positioned at the lower edge of the radiation field[36]. This coil design has

immediate application to clinical use as an improvement over a single turn planar coil

above the head. In addition, the precise arrangement of butterfly coils and a loop

coil can be scaled and repeated to form arrays of larger numbers of coils. These could

be placed along the back or chest of a patient for body imaging or an array could be

arranged to cover extremities.

Future work in RF-coil design for the Linac-MR will combine and expand the

concepts explored here, build testable RF-coil array prototypes, and evaluate them

for clinical use in terms of SNR and surface dose. Along the way additional questions

will be answered, and I hope the data found in this thesis will be of guidance.
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Chapter 7

Conclusions

The research in this thesis provides key findings that will be necessary for the develop-

ment of dedicated RF-coils for linac-MR systems. It is one of the many steps towards

true image-guided radiation therapy that will positively impact the lives of the many

people battling cancer [2]. The Alberta Linac-MR system is a combination MRI and

linac with huge potential thanks to its small (<5%) dosimetric perturbation when

using multiple fields and large bore[12, 27]. A key aspect of advancing the Alberta

Linac-MR to the clinical environment is the development of RF-coils that achieve the

unique requirements of this system. The work in this thesis has specific applications

to RF-coils for the Alberta Linac-MR and general applications for MRI used in com-

bination with radiation therapy. It is my hope that this thesis will support future

researches to explore a larger design space for RF-coils.

Chapters 3 and 4 give measurements of surface dose and SNR which may be ap-

plicable to RF-Coil design in Linac-MR systems. Chapter 3 describe the bolusing

effects of conductors in the radiation beam with and without a magnetic field. While

the measurements are specific to the magnetic field investigated, similar bolusing ef-

fects are expected in other systems, even in perpendicular arrangement Linac-MR

systems. Future work is needed to elucidate the effect of the magnetic field on the

electron spectrum, which will modify the surface dose impact of coils in the radiation

beam. Because Chapter 3 suggests thinner conductors may be preferred in the beam,
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RF-coil designers for linac-MR systems will find Chapter 4 reassuring. Thin copper

and aluminum conductors achieve reasonable SNR in comparison to the typically

used thick copper conductors. Image quality has an almost threshold relationship

with thickness of conductor, where material properties determine the location of the

threshold. Above about one skin depth of conductor large changes in thickness yield

small improvements in SNR and below that the fall-off with even small changes in

thickness can be dramatic.

The gantry angle invariant coil array developed in Chapter 5 offers a solution to

the novel challenge of RF signal detection in a rotating B0 Linac-MR. The solution

is built on well understood principles and shows that combining three orthogonal

channels into an array works in practice as well as principle. The design is applicable

as shown in this thesis and the identical arrangement of butterfly coils and a loop

coil could also be used as one of many identical coil elements in an array similarly

to the composite RF-coil triplets explored by Maunder et. al.[114]. In Chapter 5,

the complementary sensitives of the double butterflies was specifically exploited for

gantry angle independent imaging and the measurements show good balance between

between the single turn and the double butterflies as well. This balance would provide

consistent SNR with triplet position and orientation, as well as gantry angle, when

the array is draped over a curved geometry.

This thesis provides some of the basic measurements that will be helpful to future

work on RF-coils for the linac-MR. Principles in this work can be applied in RF-coil

design for all MR-linacs with appropriate considerations. The findings in Chapter 3

and Chapter 4 should inspire further investigations into surface arrays for the MRgRT

systems. This includes building realistic array designs, evaluating their surface dose

impact and evaluating their imaging capabilities. These should also include specific

investigations of the RIC impact which was not investigated in this thesis and spe-

cific investigations of how the magnetic field of clinical systems changes the electron

spectrum at the RF-coil and hence changes its effect on surface dose. Furthermore,
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Chapter 5 should prompt investigation of three channel surface elements for surface-

array designs that are gantry angle independent, as well as investigating clinical use

of the design that was presented.
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