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ABSTRACT OF THE DISSERTATION
Advancements in Magnetic Resonance Image Guided Radiotherapy
by

Austen Curcuru

Doctor of Philosophy in Biomedical Engineering
Washington University in St. Louis, 2023

Professor H. Michael Gach, Chair

Magnetic resonance image guided radiation therapy (MRgRT) devices are a recently
developed technology that integrate the excellent soft tissue contrast and real-time

imaging capabilities of MRI with a medical linear accelerator (Linac). This provides an
unprecedented ability to guide and adapt radiation therapy treatments based on real-
time cine imaging. However, the merging of these technologies has come with unique

challenges.

MRI lacks the geometric fidelity of computed tomography (CT). Spatial
inaccuracies in MRI can result from magnetic field (Bo) or center frequency variations,
gradient-induced eddy currents, and magnetic field gradient imperfections (e.g.,
nonlinearities, poor calibration, concomitant fields, and unsatisfactory electronic fidelity).
Previous work identified gantry angle dependent shifts in the imaging isocenter of a

commercial 0.35 T MRI-Linac.



Additionally, the balanced steady state free precession (bSSFP) sequences used
in MRgRT offer excellent signal to noise ratios (SNRs) and temporal resolution, but
require high levels of Bo homogeneity, Bo stability, and precise control over the gradient
systems. Banding artifacts appear in the resulting images if these stipulations are
violated and intravoxel dephasing approaches an odd multiple of 1. Rotation of the
radiation therapy gantry also results electromagnetic interference (EMI). The gantry-

related EMI causes banding artifacts on images collected during that time.

Similarly, cardiac implanted electronic devices (CIEDS) result in magnetic
susceptibility artifacts primarily due to ferromagnetic components. These artifacts
manifest as banding artifacts in bSSFP images and make tracking structures in or near

the heart challenging during treatment imaging.

The work presented in this dissertation investigates and quantifies the causes of
imaging isocenter shifts, develops a method for real-time Bo compensation during
rotation of the radiation therapy gantry, and introduces a deep learning solution to CIED

induced artifacts on a commercial low-field MRgRT system.



Chapter 1: Introduction and Overview

“If you can’t see it, you can't hit it, and if you can’t hit it, you can’t cure it.”

-Dr. Harold Johns, Medical Physicist

Cancer is the second leading cause of death behind heart disease with an estimated
1,900,000 new cases and 600,000 deaths in the USA in 2022.1 National Cancer
Institute statistics estimate 60% of people with cancer will undergo radiotherapy.? Most
radiotherapy treatment in the USA is performed on a linear accelerator (Linac). The
megavolt photon beam of the Linac deposits dose to the tumor leading to cell death.
However, ionizing radiation is harmful to healthy tissues as well. The overarching goal
of radiotherapy is therefore to deliver enough dose to the kill tumor while sparing nearby
critical structures.® Technological advancements are designed to improve the dose

conformality, reduce treatment uncertainties, and spare healthy tissue in radiotherapy.

The introduction of computed tomography (CT) and 3D dose optimization
algorithms resulted in dramatic improvements in radiotherapy planning.* Patients
receive a planning CT (i.e., CT simulation) prior to treatment. A team consisting of
medical physicists, radiation oncologists, and dosimetrists then generate and approve a
radiotherapy plan using the simulation CT. The gross tumor volume (GTV) is identified
on the images and margins around it are expanded to deal with uncertainties in patient
setup, physiological motion, minor changes to the patient anatomy, the accuracy of the
treatment delivery, and microscopic diseased tissue that cannot be directly localized on

the image. Organs at risk (OARS) are additionally contoured to ensure that the dose

1



received by those structures remains below thresholds known to cause radiotoxicity.
The initial radiotherapy plan is therefore based on the patient anatomy on the day of the
CT simulation. Patient motion and peristalsis during treatment (intrafactional movement)
and changes to the underlying patient anatomy between treatments (interfractional

motion) can result in suboptimal treatment if not properly accounted.>®

As cone-beam CT (CBCT) imaging functionalities became standard equipment
on medical linear accelerators, patient alignment uncertainties were further reduced.’
Patients could receive a CBCT immediately prior to radiotherapy treatment and the
images could be aligned with the planning CT to ensure consistent positioning.
However, CBCT results in poor soft tissue contrast, relatively low image quality, and
additional ionizing radiation across the imaging volume. Additionally, CBCT images are
acquired for patient setup but are not continuously acquired throughout treatment.®
Fluoroscopy can be utilized treatment but the additional ionizing radiation limits how the

real-time imaging duty cycle

1.1 Magnetic Resonance Image Guided Radiotherapy

Magnetic resonance imaging (MRI) offers several advantages over other medical
imaging modalities. MRI offers exceptional soft tissue contrast without imparting any
ionizing radiation which makes it a valuable modality for radiotherapy.®*? High
resolution 3D setup MRIs can be used in place of a CBCT to ensure proper patient
alignment. Additionally, MRI guided radiotherapy (MRgRT) systems provide real-time
target tracking that can be performed continuously throughout treatment. This allows for

treatment gating, or halting the beam when the target is outside of the prescribed



radiotherapy field, without relying on a motion surrogate.'® Motion surrogates may
become decorrelated with tumor motion during treatment resulting in suboptimal
radiation delivery whereas gating on an MRgRT system allows for direct localization of

the tumor.13.14

MRgRT facilitates online adaptive radiotherapy. Images acquired on an MRgRT
system are better able to visualize the lesion and the surrounding organs at risk versus
CBCT systems.? The radiotherapy plan can be adjusted prior to the delivery of each
fraction and while the patient is on the radiotherapy table to ensure that OAR
constraints are met and/or allow for the safe escalation of dose to the treatment target.
Stereotactic MRI-guided online adaptive radiation therapy (SMART) protocols have
resulted in substantial increases in two-year overall survival in patients with inoperable

pancreatic cancers.>16

MRgRT still comes with several technical hurdles. MRI lacks the geometric
fidelity of CT. Changes to the primary magnetic field (Bo), eddy currents caused by
gradient switching, and gradient field imperfections can lead to spatial inaccuracies and
geometric distortion. Stereotactic radiosurgery (SRS), a form of radiotherapy where high
doses are focused on a small area over a shorter fractionation schedule, requires
spatial accuracies of <1 mm.'Traditional intensity modulated radiation therapy (IMRT)
requires spatial accuracies of <2 mm.1’ Previous studies reported shifts in the imaging
isocenter of a 0.35 T ViewRay MRIdian MRI-Linac (ViewRay Inc., Mountain View, USA)
based on the position of the radiotherapy gantry.*® Chapter 2 investigates the root
causes of these imaging shifts and quantifies the effects of eddy currents as a function

of the radiotherapy gantry position.



Commercial MRgRT systems are currently restricted to step-and-shoot IMRT.
This means that the radiotherapy gantry and multi-leaf collimators (MLCs) are stationary
while the beam is on.®! Volumetric modulated arc therapy (VMAT) is a delivery
technique where the beam remains on while the gantry and MLCs are moving. VMAT
can improve patient throughput and improve dose conformality compared with step-and-
shoot IMRT.%-?1 Gantry rotation on ViewRay’s MRI-Linac currently results in imaging
artifacts that would be unacceptable for VMAT treatment.'822 Chapter 3 implements a
custom pulse sequence on the MRI subsystem of a 0.35 T MRIdian MR-Linac that
compensates for Bo fluctuations caused by gantry rotation in real time to reduce imaging

artifacts.

MRgRT shows significant potential in improving cardiac radioablation (CRA).
CRA is a noninvasive procedure pioneered at Washington University in Saint Louis to
treat ventricular tachycardia (VT) refractory to standard drug and catheter ablation
therapy.?324 CRA is typically performed using cone beam CT image guided radiation
therapy (CBCT-IGRT to deliver 25 Gy in a single fraction to the myocardial lesion that
produces the arrythmia. Currently, the treatment target needs to be expanded by 7-10
mm to account for motion, gating uncertainties inherent to CBCT-IGRT, and patient
setup.?* These margin expansions result in healthy tissue receiving therapeutic radiation
doses. Because MRgRT enables continuous imaging during treatment and beam gating
without relying on a motion surrogate, radiotoxicities and target margins could
potentially be reduced by adopting an MRgRT approach to CRA. Unfortunately, the
magnetic susceptibility of implanted cardiac devices common in patients suffering from

VT results in null-band artifacts in balanced steady-state free precession (bSSFP) cine



MRIs typically used in MRgRT. Cines acquired using other traditional pulse sequences
that are less susceptible to artifacts than bSSFP sequences0.35 T sacrifice SNR,
temporal resolution, spatial resolution, or contrast-to-noise ratio (CNR). Chapter 4
investigates using deep learning to reduce cardiac internal electronic device (CIED)

artifacts in bSSFP cine images.



Chapter 2: Quantifying the Effects of By
eddy currents on imaging isocenter shifts in
a 0.35 T MRI-Linac

This chapter has been published in the journal Medical Physics, 2021 Jun;48(6):2929-
2938. doi: 10.1002/mp.14842. Text, figures, equations, and references have been

modified from the published work for consistency with the thesis.
2.1 Introduction

MRgRT systems offer real-time tumor tracking and excellent soft tissue contrast without
the use of additional ionizing radiation for image guidance.®*?2 However, MRI lacks the
geometric fidelity of CT. Spatial inaccuracies in MRI can result from magnetic field (Bo)
or center frequency variations, gradient-induced eddy currents, and magnetic field
gradient imperfections (e.g., nonlinearities, poor calibration, concomitant fields, and

unsatisfactory electronic fidelity).2526

Gantry angle-dependent shifts in the imaging isocenter were reported on a 0.35
T MRI-Linac system. A maximum displacement of 1.8 mm for 3D true fast imaging with
balanced steady-state precession (TrueFISP) scans used for treatment planning and
patient setup was measured.'® A maximum displacement of 0.9 mm for 2D cine
TrueFISP used in real-time treatment delivery and beam gating was also observed.®
Stereotactic radiosurgery (SRS) requires a spatial accuracy of <1 mm while radiation

therapy requires a nominal spatial accuracy of <2mm.’



Previous studies quantified Bo inhomogeneities (AB) and gradient nonlinearities
in commercial MRI-Linac systems.?’-3° For the 0.35 T MRI-Linac, the measured
guantities of AB and gradient nonlinearities were too small to explain the magnitude of
the observed imaging isocenter shifts. Therefore, alternative causes of the imaging

isocenter shifts were sought.

MRQgRT systems use rotating gantries that can cause gantry angle-dependent
variations in eddy currents.3! Gradient (first order) eddy currents cause k-space
trajectory errors that can result in image distortion (e.g., translation, shearing, and
scaling) and artifacts.3?33 Localized shifts resulting from gradient eddy currents will be
spatially variant. Thus, imaging isocenter shifts for such an object are most likely

caused by center frequency offsets or Bo eddy currents during image acquisition.

The purpose of this study was to quantify eddy currents in a commercial 0.35 T
MRI-Linac and test the hypothesis that Bo eddy currents are the primary cause of
imaging isocenter shifts. To date, there have been no studies that quantified eddy
currents in MR-IGRT systems as a function of gantry angle. Eddy currents are typically
measured and compensated at a single gantry angle during system commissioning or

after significant servicing.

2.2 Material and Methods
2.2.1 Theory

For a 2D Cartesian acquisition, the acquired signal for the nth phase encode line

of k-space can be modeled as:3



TPE
Sp(t; Tpg) = .ff p(Tro, TpE) €Xp[—iAwt] <exp [—if YGpen(t')(rpg
0
TPE
+ bPE)dt’D (exp l—i f YGro(t")(rgo + bRo)dt”D drrodrpg (2.1)
0

where p is the spin density, rro and ree are the spatial coordinates for the readout (RO)
and phase encode (PE) axes, Gro s the readout gradient amplitude, Grenis the nth
phase encode gradient amplitude, Aw represents field inhomogeneity or center
frequency offsets, bro and bee are the Bo (zeroth order) eddy current factors (in units of
length), Tre is the phase encode duration, and y is the gyromagnetic ratio. Gradient (first
order) eddy currents are incorporated as fractional errors in Gre and Gro. This model
ignores moving spins, T1 and T2 relaxation, and the various causes of signal attenuation
(e.g., coil sensitivity and filling factor). The model also ignores residual eddy currents
from concurrent or prior gradient ramps, for example, residual eddy currents from the
slice-selective gradient during the phase encode, or residual eddy currents from the

phase encode gradient(s) during the readout. Eq. (2.1) can be rewritten as:
Sp(t; Tpp) = ff p(Tro, TpE) exp[—iAwt] (exp[_i[yGPE,n(rPE

TPE
+ bPE)]TPED <exp [_i f YGro(t")(rro + bRO)dt”D drrodrpg (2.2)
0
where b,z and Gpin, are bre and Gren averaged over the phase encode duration,
respectively. The model can be extended to 3D using a second (slice) phase encode.

A shift of Aw/(ycro) occurs in the readout direction in the image domain. A Bo

eddy current from a phase encode gradient causes a shift of by along ree in the image



domain and signal dephasing during readout.®> A Bo eddy current from a readout
gradient causes a shift of approximately bro(TE) along rro in the image domain, where
TE is the echo time. Residual Bo eddy currents from additional phase encode axes
(e.g., slice phase encode for 3D acquisitions) introduce a phase in the readout signal
that varies with k-space line resulting in signal dephasing in the image domain. Residual
Bo eddy currents from the slice-selective gradient rephaser will be consistent between k-
space lines contributing to the isocenter shift during readout. Bo eddy currents during

non-Cartesian acquisitions can cause signal dephasing and image nonuniformity.36:37

2.2.2 Measurements

Experiments were conducted on a 0.35 T MRI-Linac (ViewRay, Oakwood Village,
OH) before and after upgrade from version 2.0 to 2.0.2. The Linac’s radiofrequency
(RF) waveguide was replaced during the upgrade to move it further away from the MRI

components and reduce imaging isocenter shifts (Fig. 2.1).



Figure 2.1: Configuration of the ViewRay MRI-Linac gantry before (a) and after (b) the
2020 system V2.0.2 upgrade. Note the waveguide (circled in red) was closer to the
center of the bore and gradient coils before the upgrade. The Linac and multileaf
collimators are indicated by the arrow. Images courtesy of ViewRay

The MRI subsystem electronics were based on the Siemens Avanto MRI system

and ran Siemens IDEA/ICE software VB19. Eddy currents and field homogeneity were

10



measured and adjusted to meet system specifications by ViewRay engineers at gantry
angle 0° using Siemens’ proprietary eddy current compensation (ECC) tool. The tool
used a spin echo acquisition with variable delays and echo times to measure eddy
current data from 0.39 to 9000 ms after the gradient pulse. The tool was used to
calculate five time constants and amplitudes for each gradient axis, three Bo time
constants and amplitudes for each gradient axis, and one time constant for each of the
six cross-term eddy currents. Iterations were performed until the eddy currents were

within specifications (Table 2.1).

Time Range Gradient (%) By (uT m/mT)
<10 ms <0.100 <0.100
>10 ms <0.200 <0.100
2-100 ms <0.080 <0.060

Note: The <10 ms time range specification was used for this study.

TABLE 2.1: Siemens eddy current specifications for maximum magnitudes

The proprietary Siemens ECC tool requires service-level access. In addition, the
tool uses a fixed, phantom-based shim (“Tune Up” shim mode) based on the field
homogeneity at 0°. The measurement may fail from strong spin dephasing if used at
gantry angles other than 0° since there are variations in field homogeneity with gantry

angle and the tool does not reshim the magnetic field prior to the measurement of eddy

11



currents.® The tool also requires and verifies phantom position offsets of <5 mm for X

and Y axes, and <3 mm for the Z axis before acquiring eddy current measurements.

(a) (b) /\
RF Acquire RF Acquire

N
—F— — G_H_J—\_r—‘\_li
G+
%G+_J—\_l—\_’7
- Q-

—~aG_. "

G

Figure 2.2: Nonselective (a) and slice-selective (b) pulse sequences used to measure
eddy currents stimulated by the gradient (G). The first subscript represents the
gradient pulse polarity. The second subscript represents the slice offset direction
relative to the imaging isocenter. For both sequences, alternating polarity gradient
pulses were placed before the RF excitation to stimulate the eddy currents. A variable
delay (d) was placed between the gradient pulse and the RF excitation. An FID was
acquired to sample the eddy currents.

Therefore, we created two custom pulse sequences (Table 2.2) that allowed us
to reshim at each gantry angle and characterize the gantry angle-dependent eddy
currents. First, we measured Bo eddy currents using a customized free induction decay
(FID) sequence with a nonselective RF excitation. Second, we measured gradient and
Bo eddy currents using a slice-selective pulse sequence derived from a fast low angle
shot (FLASH) sequence. Herein, these sequences are referred to as “nonselective” and

“slice selective”, respectively.

12



TasLE II. Eddy current sequence parameters.

Parameter Nonsel. Slice Sel.
Gradient Amplitude (mT/m) 10 8
Gradient Duration (ms) 10 10
TR (s) 3 3

Flip Angle 90 90
Delay Range (ms) 0.7-30 1.1-30
Delay Increment (ms) 1 1
Dwell Time (ps) 250/125* 20.1
No. of Complex Points 256 64
Averages 1 1
Slice Thickness (mm) NA 5
Slice Offset (cm) NA +/-5

*Dwell time was reduced to 125 ps after the system upgrade.

Table 2.2: Eddy current sequence parameters.

Measurements of eddy currents, field homogeneities, and center frequencies

were performed using a spherical 24-cm DSV phantom doped with 5 mM NiSOa4 (T1/Tz2:

330/260 ms at 0.35 T) using the body RF coil for RF signal transmission and reception.

Measurements were acquired in the MRI QA mode. The phantom was centered at the

imaging isocenter using the external laser positioning system with the gantry angle set

to 0°. The position was verified on the three-plane localizer images and corrected as

required to keep isocenter offsets < 3mm.

13




Scans were acquired with the gantry positioned at every 30° ranging from 0° to
330°. The system was shimmed and tuned at each gantry angle prior to data
acquisition. Measurements were repeated for each gradient axis (X, Y, Z). Herein, all
measurements will be reported using Dicom coordinates with X axis (from right to left),
Y axis (from anterior to posterior), and Z axis (from foot to head), and assuming a head

first, supine patient position.

2.2.3 Bo Eddy Currents

Bo eddy currents were measured by pulsing the gradient and measuring its effect
on an FID signal resulting from a nonselective (rectangular) RF pulse (Fig. 2.2). The
sampling dwell time was reduced from 250 us to 125 us following the waveguide
upgrade to capture additional detail in the Bo eddy current curves. Gradient ramp
up/down times were set at 150 ps. Following a reference scan without a gradient pulse,
31 pairs of FID measurements were acquired by incrementing the delay () between the
end of the gradient pulse and the beginning of the RF pulse from 0 ms to 30 msin 1 ms
increments. In addition to &, a fixed delay of 500 us was used to avoid measurements
during the RF pulse. An additional delay of 100 ps was placed after the end of the RF

pulse to protect the receiver from RF coil ring-down.38

Following phase unwrapping, the FID phase measured over the volume was:

t

b4 (t) = iyf By(Ddt+ Awt + ¢y (2.3)
0

14



where Bo(T) represents the Bo eddy current and ¢, is the baseline phase. The static
terms were removed by subtracting the phase acquired with the gradient polarity

reversed:34

b+ — - ‘

60 =5 =y [ B@ar @)

where + and - represent the gradient polarities. The Bo eddy current was calculated
after time differentiation of ¢. Phase unwrapping and subsequent analysis were
performed using MATLAB (2019a, The MathWorks Inc). The resulting Bo eddy current
measurement (in units of uT) was normalized to the applied gradient amplitude (in units
of mT/m) thus producing the normalized Bo eddy current factor (presented in units of uT

m/mT or mm) for comparison with the Siemens specification.

2.2.4 Gradient Eddy Currents

Gradient and Bo eddy currents were measured simultaneously using a slice-
selective sequence that combined measurements from two parallel slices, equidistant
from isocenter, and gradient polarity cycling (Fig. 2.2). A variable delay (5) was
incremented from 0 ms to 30 ms in 1 ms increments after the gradient pulse to acquire
overlapping data and to extend the effective measurement time. In addition to 9, a fixed
delay of 1.1 ms was included between the gradient pulse and the start of the data
acquisition to prevent acquisition during the selective RF excitation. Following phase
unwrapping, FID signal phases derived from the four measurements were described

by:39

¢4 (0) = 2mk()1o + Pp, (1) + Aw(rp)t + G (7o, ) (2.5)

15



¢_1(t) = —2mk (1o — dp, (1) + A ()t + $(rp, 1) (2.6)
- (t) = —2mk()ry + ¢p, (1) + Aw(—19)t + d(—10,t)  (2.7)
d__(t) = 21k (t)ro — dpp,(t) + Aw(—19)t + d(—1p,t) (2.8)

where the first subscript represents the gradient pulse polarity, the second subscript
represents the slice offset (+ro) polarity, k represents the k-space resulting from the

gradient eddy current. The gradient eddy currents were calculated using:

t

(s — o) = (b — b_)] =y f G(Oredr (2.9)

1
0

t

[(@as = bs) + (se—b_)] =y f Bo(dr  (2.10)

1
Pp, () = Z
0

The eddy currents were obtained after time differentiation of ¢z and k. The slice-

selective eddy current data were smoothed with a 10-point moving average filter
(MATLAB “smooth” function) prior to numeric differentiation to reduce noise variance. In
one case (pre-upgrade Z axis eddy currents), additional filtering was applied because
the data had an abnormally high noise baseline. The measured gradient eddy current
was normalized to the applied gradient amplitude and presented in percent. For both
the nonselective and slice-selective methods, eddy current data had redundant sample
times since the acquisition time was larger than the delay times. Therefore, eddy current
data acquired at different delay times were averaged together based on their sample
time after the gradient pulse. For the slice-selective data, the different delay
measurements were all interpolated to a common time base using linear interpolation

prior to averaging.
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The root mean square (RMS) was calculated for the peak Bo and gradient eddy
currents (delays < 10 ms) and the various gantry angles to assess the effects of the
waveguide upgrade. A paired two-tailed t-test was performed to assess the significance

of changes.

2.2.5 Bo Inhomogeneity

Boinhomogeneities and center frequencies were measured at each gantry angle
by acquiring conventional FIDs in the spherical phantom [repetition time (TR): 3 s, flip
angle (FA): 90°, 4 Averages, receiver bandwidth (rBW): 1 Hz/pt for 1024 complex
points]. FIDs were averaged and converted into a spectrum using a discrete fast Fourier
transform (FFT). The resulting spectrum was fit to a Lorentzian function to obtain the full

width at half maximum (FWHM) and center frequency (Bo).

2.2.6 Imaging Isocenter Shifts

Imaging isocenter shifts were measured using a 33 x 33 x 10.5 cm?® Fluke 76-
907 uniformity linearity water phantom doped with 15 mM CuSO4 (HP Manufacturing,
Cleveland, OH). At gantry angle 0°, the grid portion of the phantom was centered at the
isocenter using the external laser positioning system and localizer to ensure isocenter
offsets were acquired once with the phantom aligned along axial, coronal, and sagittal
slice orientations (TR/echo time (TE): 3.37/1.44 ms, flip angle: 60°, rBW: 534 Hz/pixel,
FOV: 350 x 350 x 108 mm3, voxel size: 1.5 x 1.5 x 3 mm?) using the body RF coil. The
system was shimmed and tuned prior to each measurement at each gantry angle.
Analysis software from ViewRay was used to calculate the in-plane isocenter shifts for

each gradient axis from each phantom orientation and gantry angle relative to the
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centroid measured at gantry angle 0°.%8 The correlations between the isocenter shifts

and the peak eddy currents (<10 ms) were calculated with and without the Z axis data.

The RMS was calculated for the imaging isocenter shifts at various gantry angles
to assess the effects of the waveguide upgrade. A paired two-tailed t-test was

performed to assess significance of the changes.

2.3 Results

2.3.1 Bo Eddy Currents

An example of Bo eddy currents measured using the nonselective vs slice-
selective excitation is shown in Fig. 2.3. The eddy currents are typically highest at the

shortest delay times.
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Figure 2.3: Example of comparison of Bo eddy currents resulting from nonselective vs
slice-selective acquisitions for X gradient pulse at gantry angle 150° acquired before
the waveguide upgrade. Note there is good consistency between the methods. The
nonselective data sampled shorter delays and covered a larger time range due to its
long sampling dwell time.

The peak amplitudes of Bo eddy currents (delays < 10 ms) measured with the
nonselective sequence before and after the waveguide upgrade are shown in Fig. 2.4.
The peak amplitudes of Bo eddy currents measured with the slice-selective sequence
are shown in the (Figure 2.5). Z gradients, both before and after the waveguide
upgrade, produced smaller Bo eddy currents compared to gradients played out along

the X and Y axes.
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Figure 2.4: Comparison of peak amplitudes of Bo eddy currents for delays <10 ms,
measured before and after the Linac RF waveguide upgrade using the nonselective
excitation. Most Bo eddy currents associated with the X and Y gradients did not meet
the vendor’s specification (region between red lines).

Correlations between the Bo eddy current results measured using the
nonselective vs slice-selective method were high (0.986, P << 0.001). We used the
nonselective Bo eddy current measurements for the isocenter shift analyses due to their
shorter delay times and lower noise. Root mean square peak Bo eddy currents dropped

45.47% (P < 0.002) as a result of the Linac waveguide upgrade.
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Figure 2.5: Comparison of peak Bo eddy currents for delays < 10 ms, measured
before and after the Linac RF waveguide upgrade using the slice selective excitation.
Most Bo eddy currents associated with the X and Y gradients did not meet the
specification (region between red lines). The peaks are lower than the peaks in Fig.
2.4 since the nonselective excitation can sample at shorter delay times at which the
Bo eddy currents are typically larger in magnitude.

2.3.2 Gradient Eddy Currents

The peak gradient eddy currents derived from the slice-selective acquisitions are

shown in Fig. 2.5. All of the gradient eddy currents were within the vendor’s

specification. RMS peak gradient eddy currents dropped 10.68% (P = 0.048) after the

upgrade.
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Figure 2.6: Comparison of peak amplitudes of gradient eddy currents for delays <10
ms measured before and after the Linac RF waveguide upgrade. All eddy currents
were within the vendor’s specification (region between red lines).

2.3.3 Bo Inhomogeneity

The center frequency and FWHM of each spectrum and gantry angle are shown
in Fig. 2.6. Center frequency offsets were < 26 Hz while Bo inhomogeneities were < 33
Hz full width at FWHM. Both decreased after the waveguide upgrade. In principle, Bo
should be zero since the system was retuned before each acquisition. However, the
tuning prescan procedure uses a stimulated-echo acquisition mode (STEAM) sequence
with selective excitation while the FID sequence uses a nonselective RF pulse so the

center frequency may vary between the two.
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Figure 2.7: Comparison of center frequency (CF) offsets and FWHM before and after
the waveguide upgrade. Data were acquired after reshimming and retuning the MRI
for each gantry angle.
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Figure 2.8: Averaged imaging isocenter shifts relative to gantry angle 0° measured

from the uniformity linearity phantom. Error bars represent the standard deviation of
the measurements.

2.3.4 Imaging Isocenter Shifts

Figure 2.8 shows the averaged imaging isocenter shifts derived from the
uniformity linearity phantom. The shift uncertainties were generally < 0.03 mm.
Isocenter shifts were measured with the Y gradient as the phase encode gradient
(sagittal and axial phantom orientations), the Z gradient as the readout gradient (sagittal
and coronal phantom orientations), and the X gradient as phase encode (coronal

phantom orientation) and readout (axial phantom orientation) gradient.
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Fig. 2.9: Effects of swapping the readout (RO) and phase encode (PE) gradients (X
and Y, respectively) on imaging isocenter shift for axial acquisition. The data was
acquired after the waveguide upgrade using the 3D TrueFISP sequence.

Imaging isocenter shifts were measured post-upgrade to assess the effects of
swapping the readout (RO) and phase encode (PE) axes (Fig. 2.9). For the axial
orientation, the difference in the isocenter shift was <0.1 mm. It was not possible to
process the sagittal and coronal data since swapping the RO and PE axes resulted in
null band artifacts that prevented the analysis software from identifying the fiducial

markers (Fig. 2.10).

RMS imaging isocenter shifts dropped 52.89% (P < 0.002) as a result of
the Linac waveguide upgrade. Uncorrected mean spatial nonlinearities were 0.35 mm

pre-upgrade and 0.39 mm post-upgrade for a 35-cm diameter intersecting volume. We
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suspect the slight rise in spatial nonlinearities was caused by the gradient recalibration

during the upgrade since the gradient eddy currents decreased after the upgrade.

Gantry Angle (Degrees)
Readout 0 60 120 180 240 300
Direction

Z*

Coronal

Z*

x*

Fig. 2.10: Effects of swapping readout (RO) and phase encode (PE) direction on
image artifacts for the three orthogonal uniformity linearity phantom orientations
(shown at right). The nominal readout gradient axis is indicated by an asterisk for
each orientation. Null band artifacts (indicated by arrows) arose when the readout
direction was swapped in the coronal (RO: X) and sagittal (RO: Y) orientations. The
null band artifacts caused the spatial integrity software to fail. The data was acquired
after the waveguide upgrade using the 3D TrueFISP sequence.

Scatter plots showing the peak Bo and gradient eddy currents showing the peak

Bo and gradient eddy currents (for < 10 ms, both pre- and post-upgrade) vs the
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measured isocenter shifts are shown in Fig. 2.11. The correlation between Bo eddy
currents and isocenter shifts was 0.965 (P << 0.001). If we remove the Z axis data since
the isocenter shifts are minimal, the correlation was 0.961 (P << 0.001). The correlation
between gradient eddy currents and isocenter shifts was -0.315 (P = 0.007) with the Z

axis data and -0.360 (P = 0.012) without the Z axis data.

2.4 Discussion

MRgRT requires high spatial accuracy from the MRIs while minimizing image
artifacts. The objective of this study was to test the hypothesis that Bo eddy currents
were the dominant cause of imaging isocenter shifts measured on the ViewRay MRI-
Linac. We used the process of elimination since there were three possible contributors
to isocenter shifts: (a) Bo inhomogeneities and center frequency offsets; (b) gradient

eddy currents; and (c) Bo eddy currents.
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Figure 2.11: Scatter plots of isocenter shifts vs peak Bo (a, using nonselective
excitation) and gradient (b) eddy currents. A high correlation (0.965) was observed
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between the isocenter shifts and the Bo eddy currents. A low correlation (-0.315) was
observed between the isocenter shifts and the gradient eddy currents.

Bo inhomogeneities and center frequency offsets were dismissed as the main
cause of the isocenter shifts due to: (a) The measured inhomogeneities were too small
(Fig. 2.6); (b) The direction of the measured isocenter shifts did not reverse in our study
when the readout gradient was inverted (Fig. 2.12); and (c) isocenter shifts were
observed in both the readout and phase encode directions (Fig. 2.9). Based on our field
homogeneity measurements, we estimate that the isocenter shifts resulting from Bo off-

resonances were < 0.1 mm for our study.

The direction of isocenter shifts from Bo inhomogeneities changed with the
polarity of the readout gradient after adjusting the center frequency of the MRI. We also
verified that adjusting the center frequency did not cause shifts in the phase encode

direction.

Gradient eddy currents were dismissed as the main cause of isocenter shifts
based on their: (a) low magnitude and conformance with specifications; (b) low
correlation with the isocenter shifts; (c) compliance of spatial integrity measurements at
all tested gantry angles; and (d) localized shifts from gradient eddy currents cancel in a
symmetric object that is centered at isocenter. The worst-case localized shift from
gradient eddy currents during the readout would be < 0.2 mm at the lateral edge of the

phantom based on our gradient eddy current measurements.

Bo eddy currents appeared to be the primary cause of the isocenter shifts

because: (a) there was high correlation between the shifts and the Bo eddy current
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factors; (b) the shifts were in the order of the peak Bo eddy current factors; (c) the shifts
were consistent with the model, occurring in both the readout and phase encode

directions; and (d) the shifts were not affected by inverting the gradients (Fig. 2.12).

Unfortunately, we cannot estimate readout isocenter shifts directly from the
measured Bo eddy current factors since the eddy current measurement delays (>0.7
ms) were longer than the time between the readout gradient ramp and the echo center
(0.5 ms). According to Fig. 2.8, the isocenter shifts were consistently higher than our
peak Bo eddy current factors. As illustrated in Fig. 2.3, the Bo eddy current magnitude is

typically higher at shorter delay times.

The waveguide replacement reduced both the magnitude of the isocenter shifts
and the Bo eddy currents. The isocenter shifts are now less than the 1 mm. However,
the Bo eddy currents remain out of specification. Bo eddy currents exacerbate null band
artifacts in TrueFISP so further reductions in gantry-dependent Bo eddy currents are
warranted.3”4° Enhancement of image fidelity through the reduction of eddy currents

may contribute to enhanced system performance to support MRgRT and SRS.
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Fig. 2.12. Reversing the polarity of the readout (RO) and phase encode (PE)
gradients (X and Y, respectively) had minimal effects on imaging isocenter shifts for
the axial acquisition. The data was acquired after the waveguide upgrade using the
3D TrueFISP sequence.
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ViewRay developed compensation for gantry angle-dependent field
inhomogeneities and center frequency variations to mitigate image artifacts.*! In
principle, dynamic eddy current measurement and compensation methods developed
for diagnostic MRI can be adapted for MRI-Linacs to minimize gantry angle-dependent

variations in eddy currents, field inhomogeneities, and center frequency variations.#243

Until gantry angle-dependent eddy current compensation is available, 3D MRIs
used in treatment planning and patient setup should be acquired at the (home) gantry
angle at which: (a) Eddy currents and field homogeneities are within specification (e.g.,
calibrated); and (b) Relative isocenter shifts over the full range of gantry angles are
minimized. We are aware of significant gantry angle-dependent variations in field
homogeneity and center frequency between ViewRay sites. Eddy currents and the
guality of their compensation may also vary by site. Therefore, each site should know
their system’s gantry angle-dependent variations in field homogeneity, center frequency,
eddy currents, and isocenter shifts prior to selecting their home gantry position. Studies
of site-specific MRI-Linac variations would be instructive for developing solutions to

imaging issues.

3D MRIs on ViewRay are typically acquired using an axial orientation. Since the
Z axis was associated with small eddy currents, sagittal and coronal imaging would
appear to be optimal. However, coronal 3D MRI on the ViewRay are vulnerable to
parallel imaging (GRAPPA) artifacts from the low receive coil density in the
anterior/posterior direction. In addition, field inhomogeneities distal to isocenter (along
Z) cause image distortion on sagittal and coronal images for large fields of view. 2D

cines are currently limited to the sagittal orientation for motion tracking.
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The nonselective sequence provided a less noisy signal when measuring Bo
eddy currents compared with the slices-selective sequence. Additionally, the shorter
delays in the nonselective sequence made it preferable for measuring Bo eddy currents
with shorter time constants. Both sequences have the advantage that they do not

require specialized hardware or phantoms to run.

There are a couple of limitations with this study. First, we limited the eddy current
characterization to short time constant eddy currents. The 2D and 3D TrueFISP
sequences used in treatment planning and real-time treatment have gradient pulse
durations of 0.3-2 ms which is significantly shorter than the 10-ms gradient pulse used
to stimulate eddy currents in this study. Therefore, these sequences should not
stimulate eddy currents beyond those studied herein. Second, we did not measure
cross-term eddy currents in this study since we expect them to be significantly smaller
than the gradient eddy currents. Thus, cross-term eddy currents were not a concern
given that gradient eddy currents were within specification and not a primary cause of
isocenter shifts. Nevertheless, this is the first study to quantify eddy currents in an MRI-

Linac.

2.5 Conclusions

Imaging isocenter shifts measured in a commercial 0.35 T MRI-Linac were
highly correlated and consistent with Bo eddy currents, particularly for gradient
waveforms played out along the X and Y axes. The redesign of the RF waveguide to

increase its distance from the magnetic field resulted in a significant drop in Bo eddy
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currents and imaging isocenter shifts. However, Bo eddy currents remain outside of the

Siemens specification along the X and Y axes.
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Chapter 3: Real-time Bo compensation
during gantry rotation ina 0.35 T MRI-
Linac

This chapter has been published Medical Physics. 2022 Oct;49(10):6451-6460. doi:
10.1002/mp.15892.. Text, figures, equations, and references have been modified from

the published work for consistency.

3.1 Introduction

Commercial MRI-Linacs are currently restricted to step-and-shoot IMRT meaning that
both the gantry and MLCs are stationary while the beam is turned on.®-12 This delivery
method avoids image artifact and tracking issues associated with electromagnetic
interference (EMI) created during MLC motion or gantry rotation in MRgRT systems.
However, restricting treatment to step-and-shoot IMRT may result in longer treatment
times or reduced target conformality compared to VMAT.#44%> VMAT enables dose
delivery while the gantry is rotating and the MLCs are moving.1%2° Additionally, VMAT

can improve dose conformality.?!

Artifact-free imaging during radiation therapy is an important step toward
implementing MRI-guided arc therapy on MR-IGRT systems. Previous studies showed
that MLC motion did not produce significant EMI that impacted MRI quality on the two
FDA-approved commercial MRI-Linac models.*4¢ However, large Bo fluctuations that

can produce image artifacts and imaging isocenter shifts were reported for a
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commercial 0.35 T MRI-Linac during gantry rotation.*®4’” These Bo fluctuations

potentially constitute a key obstacle to performing MRI-guided VMAT.

Balanced steady-state free precession (bSSFP) sequences are typically used for
real-time imaging during MR-IGRT treatment due to their high signal-to-noise ratio
(SNR) and high temporal resolution. However, bSSFP sequences are sensitive to Bo
fluctuations. Off-resonances of £1/(2*TR), where TR is the repetition time, result in
bands of signal loss (dephasing) known as null bands.*® Significant null band artifacts
have been previously reported during gantry rotation on a 0.35 T MR-IGRT system.??
Null band artifacts were primarily attributed to sinusoidal Bo fluctuations during gantry
rotation resulting from interaction between the main magnetic field and the six gantry-
mounted ferromagnetic MuMetal shield buckets spaced every 60°. Additionally, center
frequency offsets can result in image isocenter shifts, potentially leading to

misalignment between the imaging and radiotherapy isocenters and dosimetric errors.*®

Real-time prospective Bo corrections were previously demonstrated for diagnostic
MRI systems.*° Free induction decay (FID) navigators were used prospectively to
correct Bo fluctuations.>® Small frequency shifts associated with diffusion-weighted MRI
were resolved by adjusting the RF pulse and receiver frequencies in real time after the
center frequency shift was calculated from the phase correction lines acquired during
the echo planar imaging readout.>! External and internal field probes were also used to
measure Bo fluctuations with the results fed back into a Bo correction coil or the pulse
sequence.*?°2 Typically, the previous methods were designed for Bo fluctuations of <50

Hz.53 By contrast, gantry rotation Bo variations spanned a range of +400 Hz.??
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The objective of this study was to demonstrate the feasibility of using FID
navigators to prospectively (in real time) correct center frequency offsets of 400 Hz
and minimize image variations and artifacts due to gantry rotation on a low magnetic

field MRI-Linac.

3.2 Material and Methods
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Figure 3.1: The modified balanced steady-state free precession (bSSFP) sequence
with an added nonselective (NS) free induction decay (FID) navigator. The FID
navigator runs immediately before the corrected image acquisition. A nonselective
(rectangular) pulse generates an FID from which the center frequency offset is
measured and fed back to the pulse sequence for correction of the selective
excitations and receiver frequencies in the adjacent image acquisition. Each bSSFP
acquisition includes a steady-state preparation consisting of variable flip angle
excitations. The gradients in the steady-state preparation dephase the FID to avoid
interference with the image acquisition. Note the timing is not drawn to scale.

Experiments were performed on a 0.35 T MRI-Linac (ViewRay MRIdian,
Oakwood Village, OH) running software version 2.0.2. The MRI subsystem ran Siemens
IDEA/ICE version VB19 software for pulse sequence execution and image
reconstruction. All scans were performed using the “MRI QA” mode of the MRI-Linac to
allow for the use of modified pulse sequences and ICE using two (posterior and

anterior) six-channel flexible torso coils. Each torso coil has three coil elements in the
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lateral direction by two coil elements in the cranial-caudal direction. Shimming was

performed for all scans at the initial gantry position prior to each gantry rotation.

To measure center frequency fluctuations, an FID navigator employing a
nonselective (rectangular) RF excitation pulse (flip angle: 35°, RF duration: 500 us,
acquisition dwell time:8 us,64 complex data points) was integrated into a 2D Cartesian
bSSFP cine sequence (Figure 3.1). A delay of 100 us was added after each navigator
RF pulse and prior to the FID acquisition to protect the receiver from RF coil ring-down.
The first FID navigator served as the center frequency reference. Each subsequent FID
navigator was used to estimate the center frequency offset (Af) according to the

following equation:

_ 1 dq)new dq)ref
Af_ﬂ( dt  dt > (31

where ¢,.,, and ¢, are, respectively, the current and reference phase unwrapped
(unaliased) FID navigator phases. We only used the FID signal from the superior—
anterior center RF coil element for the Af calculations. The first 9 and last 10 data points
from each FID were discarded to reduce variance. The measured center frequency
offset was then sent from the ICE computer back to the pulse sequence as a real-time
feedback object. The navigator processing required a 3 ms pause in the sequence

execution for the real-time feedback.

Once the center frequency offset was received by the pulse sequence, the
transmit/receive frequency for the sagittal 2D bSSFP acquisition (echo/repetition times:

1.09/2.18 ms, flip angle: 70-, field of view: 350 x 350 mm?, Matrix: 100 x 100, slice
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thickness: 7 mm, bandwidth: 1515 Hz/pixel, partial k-space: 75%, slices: 1, averages: 1,
generalized autocalibrating partially parallel acquisitions (GRAPPA) factor: 2, frame
rate: 7.3 frames/s) was adjusted to account for the change in the center frequency
associated with gantry rotation if Bo compensation was enabled. The
transmitter/receiver phase was adjusted for each excitation using the following

equation:>
¢p=Mm—1)-Af -TR-360° + dryere  (3.2)

where ¢,, gives the phase increment in degrees for the nth excitation. TR is the
repetition time, Af is the central frequency offset obtained from the previous navigator
measurement, and ¢, represents the alternating phase (0° and 180°) for maintaining

the balanced steady state.

38



Figure 3.2: Sagittal FID navigator bSSFP MRI of stationary CIRS phantom with
manually drawn reference contours shown in red on each of the anterior (A), superior
(S), inferior (1), and posterior (P) targets.

39




3.2.1 Phantom Measurements

An MRI-Linac dynamic phantom (CIRS, Norfolk, Virginia) was imaged using the
2D FID navigator bSSFP cine sequence with and without Bo compensation. Images
were acquired with the phantom remaining stationary while the gantry rotated fully
clockwise (CW) starting at 33° (33°—>90°—>180°—270°—>0°—30°), and with the gantry
rotated fully counterclockwise (CCW) starting at 30° (30°—~0°—270°—>180°—90°—33°).
The gantry cannot travel to 31° or 32° due to the Linac gantry mechanical design, so
these rotations represent the entire range of allowable gantry angles. The gantry
rotation speed was previously measured at 3.42°/s (0.060 rad/s) when not accelerating
or decelerating.?? FID navigators were acquired for images with and without Bo
compensation, and the center frequency offsets were calculated. The offsets allowed
the cine frames without Bo compensation to be properly aligned retrospectively for

comparison with the cine frames using real-time Bo compensation.

The target tracking feature on the MRI-Linac was only available in RT mode
using unmodified pulse sequences and reconstructions. Therefore, to simulate tracking,
the four MRI targets in the CIRS phantom were manually contoured on the first cine
image of each acquisition retrospectively in MATLAB version R2019a (Figure 3.2), and
an active contouring algorithm was applied to each subsequent frame using the
manually drawn contour as the initial template.*® Dice coefficients between each active
contour and the corresponding initial manual contour were calculated for the Bo
corrected and uncorrected images acquired during gantry rotation. Because the
phantom did not move, the ideal Dice coefficient is 1, which suggests perfect

overlapping between the active contour and the initial manual contour. For each frame,
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the normalized root mean square error (nRMSE) was calculated for a region of interest
(ROI) encompassing the phantom using the mean from a reference image that was

acquired before gantry rotation. Paired t-tests between measurements with and without
Bo compensation were conducted for the Dice coefficients and nRMSEs. The SNR was

calculated over the phantom using the two-image difference method.5®

Based on Faraday’s law, the center frequency offset should be directly
proportional to the velocity of the gantry with a caveat: long time constant eddy currents
produced center frequency offsets after the gantry came to rest.'® Therefore, the gantry
rotation—related center frequency offsets measured in the CIRS phantom were modeled
based on the convolution of a sinusoid input function (s) and a long time constant eddy

current (1) transfer function (m) using:

s(t) = (A : <|0~)r(:ax|> -sin[6(wt + B + 90)]) (ultseare] — ultstare — tenal) + € (3.3)

m(t) = exp [_Tt] -uft]  (3.4)

Af () =s(@®) @m(t) (3.5)

where A—C are fitting coefficients, w is the gantry angular velocity with the maximum
wmax (currently 0.060 rad/s for the MRIdian). 6o is the starting angle for the gantry
rotation. u represents the unit step function with gantry rotation start and end times tstart
and tend. The factor 6 in Equation 3.3 is related to the presence of the six shield buckets

in the gantry.
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3.2.2 In Vivo Measurements

MRIs were performed on three healthy adult volunteers (one female and two
males, ages 37-58, weights 66—75 kg) in accordance with an Institutional Review Board
approved protocol using the 2D bSSFP sequence protocol both with and without Bo
compensation. The volunteers were imaged head first supine with the anterior and
posterior receiver coils positioned for imaging the thorax and upper abdomen. Scans
were performed with the volunteers’ arms at their sides to increase volunteer comfort.
Acquisitions were acquired with the gantry rotating fully CW and CCW. nRMSEs were
calculated for an ROI encompassing the body with and without Bo compensation. Paired
t-tests were performed between nRMSE measurements acquired with and without Bo

compensation.
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Figure 3.3: Center frequency offsets (red points) versus time measured in the CIRS
phantom during clockwise (CW) gantry rotation starting at gantry angle 33° (a) and
counterclockwise gantry rotation starting at gantry angle 30° (b). The blue lines
represent the convolution model in Equations (3.3)—(3.5). Note that the alignment of
the model and data is imperfect because we assumed a constant gantry velocity (v =
Vmax), thus ignoring the gantry acceleration and deceleration at the initial and final
gantry angles. The sinusoidal behavior is related to the six ferrous shield buckets
mounted at 60° increments around the gantry.
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3.3 Results

Figure 3.3 shows the center frequency offsets measured as a function of time
during CW and CCW gantry rotation in the CIRS phantom and compares the data to the
convolution model. The offsets look similar as a function of time but are distinctly
different when plotted versus gantry angle (Figure 3.4). For CW rotation starting at 33°,
the fit values were A = -197.530 Hz, B = -0.162 rad, C = -2.840 Hz, 7=2.438 s, W =
0.060 rad/s with goodness of fit R? = 0.995 and root mean square error (RMSE) = 16.96
Hz. For CCW starting at 30°, the fit values were A = 213.964 Hz, B = -0.037 rad, C =

-2.718 Hz, 1 = 2.146, w = -0.060 rad/s with R2 = 0.994 and RMSE = 18.54 Hz.
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Figure 3.4: Comparison of center frequency offsets measured using free induction
decay (FID) navigators in three volunteers and the CIRS phantom during clockwise
(CW) (a) and counterclockwise (CCW) (b) gantry rotation and plotted by gantry angle.
The discontinuities at gantry angles 30° and 33° gantry rotations are caused by
acceleration/deceleration of the gantry and long-time constant Bo eddy currents. The
gantry does not travel to angles 31° and 32° by design.
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Figure 3.5: Dice coefficients calculated for the inferior contour (red boundary). Four
successive frames (from left to right) of a 2D balanced steady-state free precession
(bSSFP) sequence (7.3 frames per second) with real-time Bo compensation during
counterclockwise gantry rotation (a—d) in the CIRS phantom for gantry angles 320°—
322°. The scan repeated without Bo compensation suffers from artifacts and signal
losses during gantry rotation (e—h).

The central frequency offsets measured during the volunteer scans were
generally consistent with the phantom measurements (Figure 3.4). However, the
maximum peak-to-peak (pk—pk) amplitudes of the center frequency offsets were 757 Hz
(CW) and 773 Hz (CCW) in the CIRS phantom and 871 Hz (CW) and 760 Hz (CCW) in
vivo. The repeatability of the FID navigator center frequency measured in the CIRS
phantom was <2 Hz based on the root mean square error (RMSE) of repeated
measurements. The repeatability of the center frequency offset measurements in vivo

was <3 Hz (RMSE) and included variations associated with physiological motion.
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Figure 3.5 shows an example of the benefits of Bo compensation in image
quality, Dice coefficient, and contour reproducibility for the CIRS phantom during gantry
rotation. Due to the small sizes of the objects and the limited image resolution (Figure
3.2), a Dice coefficient = 0.8 was empirically determined to be sufficient to ensure

satisfactory similarity and, thus, was used as a surrogate for tracking performance.

In Figure 3.6, the Dice coefficients with versus without Bo compensation are
plotted based on gantry angle and gantry rotation direction for the four contours in the
CIRS phantom (defined in Figure 3.2). All of the contours imaged with Bo compensation
had Dice coefficients >0.8. Without Bo compensation, Dice coefficients were <0.8 from

0% to 21% of the time, depending on the contour.

Mean Dice coefficients, averaged over the entire gantry rotation, are presented in
Table 3.1 based on the contour, gantry rotation direction, and the use of Bo
compensation. All paired t-tests (with vs. without Bo compensation) had p « 0.001, thus
demonstrating a significant benefit from the Bo compensation in the phantom. However,
the addition of the FID navigator resulted in a 11% drop in image SNR (from 13.00

without the navigator to 11.59 with the navigator).

Figure 3.7 illustrates the reduction in nRMSE with real-time Bo compensation in
vivo. NRMSE for the three volunteers and the CIRS phantom during gantry rotation with
versus without Bo compensation are plotted in Figure 3.8 based on gantry angle and

gantry rotation direction.
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Figure 3.6: CIRS phantom results for the four contours. Dice coefficients for the inferior (a
and b), superior (c and d), anterior (e and f), and posterior (g and h) contours during clockwise
(CW) (a, c, e, and g) and counterclockwise (b, d, f, and h) gantry rotation while acquiring 2D
balanced steady-state free precession (bSSFP) MRIs at 7.3 frames per second. The Bo
correction (A) resulted in consistent Dice coefficients compared to images acquired without
real-time Bo correction (O). The zero value at gantry angle 80° in (b) resulted from the
tracking algorithm selecting the wrong target.
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Mean Dice coefficient (SD)

With By correction

Without By correction

Contour CW CCW CW CCW

Inferior 0.92 (0.02) 0.92(0.02) 0.88(0.09) 0.89(0.04)
Superior 1.00 (0.00) 1.00(0.00) 0.98(0.02) 0.99(0.02)
Anterior 0.86 (0.02) 0.86 (0.02) 0.83(0.09) 0.82(0.09)
Posterior 0.85(0.01) 0.85(0.01) 0.80(0.12) 0.82(0.05)

Note: All paired t-tests had p < 0.001.
Abbreviations: CW, clockwise; CCW, counterclockwise:; SD, standard deviation.

Table 3.1: Effects of Bo compensation on mean Dice coefficient for each phantom
contour region versus gantry rotation direction.

The changes in mean nRMSEs (i.e., averaged over the entire gantry rotation)
resulting from Bo compensation are stated for the CIRS phantom and the three
volunteers in Table 3.2. Real-time Bo compensation resulted in reductions in mean
NRMSEs of 51% and 16% for the CIRS phantom and in vivo, respectively. The lower
reductions in mean NRMSEs in vivo were associated with physiological motion. Al
paired t-tests had p <« 0.001 except for Volunteer 1's CCW gantry rotation

measurements (p = 0.51).
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Figure 3.7: Normalized root mean square error (hnRMSE) values for four successive
frames from Volunteer 1 (37-year old male) using the 2D Cartesian balanced steady-
state free precession (bSSFP) sequence with (a—d) and without (e—h) real-time Bo
compensation, as the radiation therapy gantry rotated counterclockwise from 126° to
125°. Significant signal dephasing and null bands are present when Bo compensation
was not used. GA, gantry angle; nRMSE, normalized root mean square error.

3.4 Discussion

The objective of this study was to demonstrate the feasibility of using FID
navigators to correct center frequency offsets and minimize the effects of gantry rotation
on image quality in a phantom and in vivo. The Bo compensation generally resulted in
improved image quality as indicated by a reduction in nRMSE in the phantom and
human volunteers, and an increase in the Dice coefficient for the contours in the

phantom.
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Figure 3.8: Comparison of normalized root mean square errors (hnRMSEs) measured
with (A) and without (O) Bo compensation for clockwise (CW) (a, c, e, and g) and
counterclockwise (b, d, f, and h) gantry rotation using the CIRS phantom (a and b)
and in vivo for Volunteer 1 (c and d), Volunteer 2 (e and f), and Volunteer 3 (g and h).
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Physiological motion causes the variance of the Bo-compensated MRIs to be higher in
vivo compared to the stationary phantom

Mean nRMSE (SD)

With B, correction

Without B, correction

ROI CcW CCW CW CCwW

Phantom  0.15(0.01) 0.15(0.02) 0.29 (0.14) 0.32(0.15)
Volunteer 1 0.42 (0.08) 0.51(0.08) 0.48 (0.11) 0.51 (0.12)
Volunteer 2 0.37 (0.06) 0.36(0.06) 0.43 (0.10) 0.44 (0.10)
Volunteer 3 0.35 (0.05) 0.34 (0.05) 0.44 (0.10) 0.49 (0.10)

Note: All paired t-tests had p < 0.001 except Volunteer 1 CCW (p = 0.51).
Abbreviations: CW, clockwise; CCW, counterclockwise; ROI, region of interest
SD, standard deviation.

Table 3.2: Effects of Bo compensation on mean normalized root mean square error
(nRMSE) for the CIRS phantom versus gantry rotation direction

There are two chief disadvantages of Bo compensation using the FID navigator:
(1) decreased SNR, and (2) decreased imaging duty cycle. In principle, a magnetization
restoration pulse can be added after the FID navigator acquisition to enhance SNR.
Alternatively, the bSSFP sequence can be modified to add or redirect one of the
readouts for use as a Bo navigator while preserving the bSSFP. We used a nonselective
excitation to maximize the SNR of the FID and the precision of the center frequency

offset measurement due to the challenges of the low magnetic field (0.35 T).
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Second, the addition of the FID navigator slightly reduces the image acquisition
duty cycle. We are currently acquiring one FID navigator per k-space acquisition (frame)

resulting in a 3% drop in acquisition duty cycle for the Cartesian acquisitions.

An alternative to the FID navigator is to change the transmitter and receiver
frequencies in real time based on the gantry’s position and velocity. The pulse
sequence architecture of the ViewRay MRI-Linac permits dynamic updates to the
transmitter and receiver phases and the first-order (gradient) shims.#* Currently, the
MRI-Linac sends each step-and-shoot gantry position from the motion controller to the
pulse sequence over a user datagram protocol (UDP) interface to enable Bo and first-
order shim corrections while the gantry is stationary.*! The Bo and gradient shim
corrections were based on a lookup table derived from spherical phantom
measurements of off-resonance and field homogeneities performed with a stationary
gantry. In principle, the UDP interface could be used to communicate the real-time

gantry position and velocity back to the pulse sequence.

However, differences in center frequency were observed between the CIRS
phantom and in vivo during gantry rotation. Therefore, a lookup table or model-based
solution for minimizing off-resonance during rotating gantry may be unsatisfactory
unless the corrected center frequency offset can be maintained within +1/(4*TR).??
Fortunately, the maximum variation between measured offsets was 102 Hz, which is

less than 1/(4*TR) (i.e., 115 Hz).

A more complicated alternative to the FID navigator is to integrate an NMR field

probe or field camera into the system architecture.>->° The benefit of the field camera is
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that it can acquire data at a high sampling rate and measure both center frequency
offsets and field inhomogeneities. Dynamic field correction could combine first-order
(gradient) shimming with the real-time center frequency compensation.#?6% The MRIdian
does not have second-order or higher room-temperature shim coils. Nevertheless, high-
order shim drivers typically require significant settling times and, thus, would not be
suitable for real-time shimming without preemphasis. However, such a field camera
requires separate transmitter and receiver electronics and must be electromagnetically
decoupled from the MRI and Linac. The center frequency and shim data can be fed

back to the MRI pulse sequence using the UDP interface.

Uncorrected Bo offsets during readout gradients can cause imaging isocenter
shifts depending on the receiver bandwidth. Based on our measurements, uncorrected
Bo offsets from gantry rotation combined with the typical 2D bSSFP cine sequences
used for treatment (rBW > 850 Hz/pixel) will result in imaging isocenter shifts of <2 mm,
whereas deep respiration (55 mm displacements) along the readout direction can
produce localized frequency offsets of >20 kHz. For sequences (e.g., T1 or T2 weighted)
with receiver bandwidths comparable to the Bo offsets, the imaging isocenter shifts may

exceed the limits for radiation therapy (2 mm) or stereotactic radiosurgery (1 mm).’

Translating the FID navigator technique to the ViewRay MRIdian’s Cartesian
bSSFP cine sequences is straightforward. The main difference between our bSSFP
acquisition and the MRIdian’s nominal single-slice 4 frames per second (fps) and three-
slice 2 fps Cartesian cines is the MRIdian uses short-term averaging (N = 2). If
averaging is desired, long-term averaging is required for the FID navigator to ensure the

Bo compensation is performed once per k-space dataset.

53



The center superior—anterior coil element was chosen as the FID navigator signal
source for this study based on: (1) its higher SNR and less dephasing (e.g., due to
increased field inhomogeneity) compared to the lateral coil elements; (2) similarity of
results compared to body coil reception; (3) closer proximity to the body (e.g., the
posterior coil is often further away from the body due to the presence of alpha cradle);
and (3) minimal processing time (e.g., 1 FID vs. 12 FIDs plus averaging). However, we
subsequently found during post-processing that the average frequency offset from the
total of 12 coil elements yields a frequency offset similar to the single channel result
(RMSEs of <11 Hz in CIRS phantom and <24-Hz in vivo). The MRIdian A3i has a faster
reconstruction engine that would minimize the FID processing time if averaging is used.
In principle, one could select and process the coil elements closest to the tracking target

for Bo compensation to minimize signal dephasing near the target.

Translating the FID navigator technique to radial bSSFP acquisitions is
challenging due to the long k-space acquisition window (0.5 s) and the use of view
sharing. On diagnostic MRIs, eddy currents were previously calculated from, and
corrections were applied to, the radial k-space spokes.® It is also possible to repurpose

k-space spokes to serve as an FID navigator or add navigator spokes.5!

As previously mentioned, distinguishing center frequency offsets from respiratory
motion using a selective navigator with a readout gradient may be challenging because
sagittal cines have the readout parallel to the principal direction of motion. Changing the
readout taxis of the navigator may still result in motion-related frequency offsets on the

order of kHz.62
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The Bo compensation described herein does not address changes in field
homogeneity due to the rotating gantry. Like center frequency offsets, field
inhomogeneities can cause spatial shifts in the slice-selection or readout direction, and
variations in image intensity due to signal dephasing during the 2D bSSFP acquisition.53
Field inhomogeneities can also cause geometric distortion. Based on our previous
measurements of field inhomogeneities, geometric distortion and spatial shifts should
have a small effect on tracking (e.g., Dice coefficient).2241 However, variations in image
intensity due to signal dephasing from either center frequency offsets or field
inhomogeneities can affect tracking. We prioritized center frequency offsets (800 Hz

range) over field inhomogeneities (160 Hz FWHM) in this study.

3.5 Conclusions

Center frequency offsets induced by the rotation of the ferromagnetic gantry
resulted in image quality degradation while using bSSFP cine sequencesina 0.35T
MRI-Linac. Dynamic Bo compensation using an FID navigator improved image quality
and reduced null band artifacts albeit with a small drop in acquisition duty cycle and
SNR. Future work is warranted to minimize the effects of the Bo compensation on duty

cycle and SNR.
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Chapter 4: Minimizing CIED Artifacts on a

0.35 T MRI-Linac Using Deep Learning

4.1 Introduction

MRI guided radiotherapy (MRgRT) provides real-time target tracking and superior soft
tissue contrast compared with conventional CBCT systems.®'? Cine images are
appealing because they can be acquired continuously at high frame rates during
treatment because MRI is nonionizing. The high duty cycle cine MRIs facilitate target
gating based on the underlying anatomy as opposed to a motion surrogate that may

become decorrelated with target motion during prolonged treatment.

Noninvasive cardiac radioablation (CRA) is a recently developed approach for
patients presenting with ventricular tachycardia (VT) refractory to standard drug and
catheter ablation therapy.?®2?* CRA is typically performed using cone-beam CT image
guided radiotherapy (CBCT-IGRT) to deliver 25 Gy in a single fraction to the myocardial
lesion that produces the arrythmia. There is limited experience using MRgRT to treat the
heart with radiation.84%5 Currently, the treatment target needs to be expanded by 7-10
mm to account for motion, gating uncertainties inherent to CBCT-IGRT, and patient
setup.?* These margin expansions result in healthy tissue volumes around the true target
receiving therapeutic dose to ensure complete target coverage. Target margins and

radiotoxicities could potentially be reduced by adopting an MRgRT over a CBCT-IGRT
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approach. MRgRT enables continuous MRI at high frame rates throughout treatment. The
treatment beam can be gated to only allow for treatment during specific cardiac and

respiratory phases without relying on surrogate signals.

Balanced steady state free procession (bSSFP) cine sequences are currently used
for real-time imaging during MRgRT treatment. bSSFP sequences offer high temporal
resolution and signal-to-noise ratios (SNR) but are prone to imaging artifacts from
intravoxel dephasing.*® Unfortunately, the cardiac implantable electronic device (CIED)
pulse generator commonly found in VT patients cause large magnetic susceptibility
artifacts due to ferromagnetic components. The artifacts from the nonferrous leads are

minor in comparison.

The proximity of the implanted CIEDs to the heart can result in unsatisfactory
image quality for most cardiac radiosurgery applications. In CT and CBCT, streaking
artifacts resulting from the CIED pulse generator and leads interfere with delineation of
the target scar even if metal artifact reduction is used. bSFFP artifacts include both signal
dephasing near the CIED and null bands emanating from the device into the heart.5®
Alternative MRI cine sequences, such as fast gradient-echo sequences, that reduce

artifacts may sacrifice SNR, temporal resolution, or spatial resolution and fidelity.56.67

In this study, we explore a post-processing solution to reduce CIED-related
artifacts. Several machine learning (ML) techniques were developed for image-to-image
translation and artifact reduction. Generative adversarial networks (GANs) were
successful for MRI reconstruction, denoising, super-resolution, segmentation, motion

artifact reduction, and image modality translation.®”-"> However, an unsupervised learning
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approach is often required due to the difficulty in acquired paired image data or generating
physiologically meaningful synthetic datasets. Cycle-consistent generative adversarial
network, or CycleGAN, is a widely used unsupervised deep learning architecture for
image-to-image translation problems.’® CycleGAN was reported to be successful in
several clinically relevant domains including CT metal artifact reduction, visual
enhancement of CBCT images, and synthetic CT generation.”’-80 This study investigates

using CycleGAN to reduce CIED artifacts in bSSFP MRI cines for use in CRA.

4.2 Materials and Methods

4.2.1 Theory

The CycleGAN architecture utilizes two generators and two discriminators to
translate images from one source domain to another without pairing images between the
two domains.’® Images from domain X are transformed to domain Y by training one
generator to learn the mapping G: X -> Y and the other to learn the mapping F: Y -> X.
The network architecture is shown in Figure 4.1 with the Y domain corresponding to
images with CIED artifacts and the X domain corresponding to images without CIED

artifacts.

The adversarial objective functions for generators G and F and discriminators Dy

and Dx are given by:

min L0556(6) = Ex-pyao[Dy(6@) = 1" (41)
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ngi/n LOSSDy (DY) = Ey“’pdata(J’) [Dy (y) - 1]2 + Ex“'pdata(x) [DY(G(x))Z] (42)
min Lossz(F) = Eype,0[Dx(FO)) =117 (43)

. 2
min Lossp, (Dx) = Expyarao[Dx() = 11 + Eypra) [Dx(F(y)) ] (4.4)

Where x € X,y € Y, and pdata is the data manifold to be learned. Minimizing these objective
functions is equivalent to minimizing the Pearson x? divergence.®! These adversarial
losses originated from the LS-GAN architecture and were shown to decrease the

vanishing gradient problem compared to cross-entry loss functions in GANs.8!

The cycle consistency loss reduces the space of possible mapping functions and
ensures the model retains consistency when mapping output images back to their initial
domain. This loss can be broken down into a forward loss (F(G(x)) = x) and a backward

loss (G(F(y)) = y). The full cycle consistency loss can be written as:

L0SSeyete (G, F) = A Byepgpiaco [IF(GOO) = X, | + Ay Byepguuon [I6(F®) = vlI,| (45)

where Ax and Ay are weights that control the emphasis placed on either the forward or

backwards loss.

To preserve content, an additional identity loss can be added to the overall
objective function that maintains that G(y) = y and F(x) = x. This loss has the effect of
making the model more conservative when encountering unknown content, preserving

color in the case of RGB inputs, and discouraging the network from making large changes
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to inputs that already appear similar to images in the target domain. The identity loss is

given by the following:
Lossidentity(G'F) = 7\x Ex~pdata(x)[”F(x) - X||1] + 7\identity [}\y Ey~pdata(y)[”6(y)) - y”l]]

(4.6)

where Aidentity acts to scale the identity loss relative to the other loss functions.
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Lossidentity

LOSSigentity

Figure 4.1 CycleGAN architecture shown as two flow charts. F and G are generator
networks (shown in blue) where F maps from domain Y to domain X, and G maps from
domain X to domain Y. Dx and Dy are discriminator networks (shown in red) that are
trained to return a 0 for images not in the target domain (X for Dxand Y for Dy) and
return 1 for images in the target domain. The identity and cycle loss inputs are indicated
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by a green dashed arrow. The identity loss image generation is shown via the purple
dotted arrows. (Top) The pathway for an image, x, in domain X. X in this case
corresponds to the domain containing CIED artifacts. (Bottom) The pathway for an
image, y, in domain Y. Y corresponds to the image domain without artifacts.

4.2.2. Data Acquisition

Fourteen healthy volunteers (eight males and six females, ages 22 to 74 with mean age
of 42.4 + 16.6 years old, and weights 60-106 kg with a mean weight of 76.85 + 11.61 kg)
were selected in accordance with an Institutional Review Board approved protocol to be
imaged on 0.35 T MRgRT system (ViewRay MRIdian®, Oakwood Village, OH). All scans
were performed using the MRI subsystem (Siemens IDEA/ICE version VB19) in “MRI QA”
mode using two (posterior and anterior) flexible six-channel torso coils. Volunteers were
positioned head-first supine with the coils positioned for thoracic imaging. Scans were

performed with the volunteer’'s arms at their sides to increase comfort.

Images were acquired using a 2D sagittal cartesian 4 frames/s (fps) bSSFP cine
sequence (TR: 2.1 ms, TE: 0.91 ms, GRAPPA: 2, Partial Fourier: 5/8, Pixel Bandwidth:
1351 Hz/pixel, Matrix: 100x100, Field of View: 350 mm, 2 averages). Volunteers were
imaged with an MR Conditional implantable cardiac defibrillator (ICD, Medtronic Visia AF
MRI SureScan Model DVFB1D1, Minneapolis, MN) securely taped to their upper left
pectoral region with leads (Models 6944-75 and Sprint Quattro DF-1/IS-1) running toward
the ventricles to simulate an implanted ICD. Scans were then repeated immediately after
removing the ICD. The resulting DICOM images were aggregated into a domain with the
CIED artifact and a domain without artifact. The images from the last two volunteers
scanned (Volunteer 13 and Volunteer 14) were separated as testing data while the other
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twelve volunteer datasets were used for training. This resulted in 18,149 artifact-free
training images, 19,758 CIED artifact training images, 1,000 artifact-free testing images,
and 1,000 CIED artifact testing images. The model was then retrained three separate
times using the datasets from a randomly chosen volunteer as the testing data (Volunteer

8, Volunteer 3, and Volunteer 11) for evaluation.

4.2.3. Data Analysis

CycleGAN training was performed using Pytorch and Python version 3.7 for 50 epochs
(48 hours). The weight for the identity loss (Aidenity) was set at 0.7 to ensure that the
resulting output images emphasized retaining content from the input image. The forward
and backward cycle consistency loss weights (Ax and Ay) were set at 10. All DICOM
images were up-scaled to a size of 256x256 pixels using bicubic interpolation. The two
generators used a 9-block ResNet architecture while the two discriminators used a 70x70

PatchGAN architecture.82

All image analysis was performed in MATLAB version 2022a. The 1,000 test
images without artifacts were paired with the 1,000 test images with CIED artifacts by
calculating the multiscale structural similarity (MS-SSIM) index for each possible pair of
images and selecting the highest scoring pair.83 The paired test images without artifacts
were treated as reference images for comparison with the CycleGAN reconstructed test

images.

To assess target tracking, a reference contour of the whole heart was drawn on
the fifth artifact-free test image for both volunteers in the artifact-free test dataset. The

fifth image was chosen over the first image in each dataset to ensure that bSSFP

63



sequence had reached steady state. Contours were then generated on each test image
using an active contour algorithm described by Chan et al.>® Dice coefficients were
calculated for the CycleGAN reconstructed image contours and the CIED artifact test
images contours using the contours created on the paired artifact free test images as the

ground truth.

Figure 4.2: Regions of interest (ROIs) for the test images from Volunteer 13 (A, 30-year
old male) and Volunteer 14 (B, 31-year old female). Blue corresponds to the body ROI.
Red corresponds to the heart and nearby tissue ROI. Green is the heart contour
generated from the active contouring algorithm.
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Image quality was scored by calculating the peak signal to noise ratio (PSNR),
normalized root mean squared errors (NRMSE), and MS-SSIM score for the CycleGAN
reconstructed images and the CIED artifact test images. Image quality metrics were
calculated over three different regions of interest (ROIs): the region corresponding to the
contour on the paired reference image, a larger rectangular region that includes the area
surrounding the heart, and a rectangular region that includes the body to reduce the
influence of noise outside of body on the results. An example of the different ROIs is
shown in Figure 4.2. Paired t-tests were performed for all image quality metrics and Dice

coefficients to assess significance.

The trained CycleGAN model was tested on three additional 4 fps bSSFP cine MRI
datasets acquired in 2018. The first dataset was acquired in a 61-year-old male VT patient
with an implanted MR Conditional ICD (Medtronic Evera MRI Surescan Model
DDMC3D4) and leads (Model 5076 CapSureFix Novus and Model 6935 Sprint Quattro
Secure S) treated on the 0.35 T MRI-Linac.®® The other two test cases were acquired with
the same CIED and external placement as the other 14 volunteers. The second cine MRI
dataset was acquired from a 28-year-old male acquired on the 0.35 T MRI-Linac. The
third MRI dataset was acquired from a 38-year-old male volunteer scanned on a ViewRay
MRI-Cobalt-60 radiotherapy system ramped to 0.32 T. Because none of these cine MRIs
were acquired with an CIED-free reference set of images, the CycleGAN generated

images were compared qualitatively.

65



4.3 Results

Figure 4.3 shows an example of the artifact reduction and tracking improvement using
the trained CycleGAN model for Volunteer 13 (30-year old male) and Volunteer 14 (31-
year old female). The susceptibility artifact from the CIED was substantially reduced for
the CycleGAN reconstructed images. Image content not affected by the CIED was

largely retained after using CycleGAN to reduce CIED artifacts.
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Without CIED ’ With CIED &
(Reference) With CIED CycleGAN

Volunteer 13

Volunteer 14

Figure 4.3: Images and tracking contours from Volunteer 13 (A-C) and Volunteer 14
(D-F). Dice coefficients are shown in yellow at the bottom of the images acquired
with the CIED present. The CycleGAN generated images (C, F) resulted in a sharp
reduction in susceptibility artifacts and higher Dice coefficients to enable better

tracking.

Mean Dice coefficients over all the testing images improved from 0.910 £ 0.017 to

0.932 £ 0.015. Mean image quality metrics, averaged over each image, are presented in
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Table 4.1 for each volunteer using in testing and all ROIs. All paired t-tests had p<<0.001

indicating a significant benefit in the CycleGAN generated images compared with the

untouched CIED images. The CycleGAN reconstructed images showed an increase in

tracking performance via Dice coefficient, MS-SSIM, and PSNR while also reducing the

NRMSE. Histograms for the Dice coefficients and image quality metrics for the full body

ROI are presented in Figure 4.4 for Volunteer 13 and Volunteer 14.

TABLE 4.1 Mean image quality metrics for MRIs with the CIED present without (labeled

“CIED Artifact”) and with CycleGAN reconstruction.

NRMSE
MS-SSIM
PSNR

nRMSE
MS-SSIM
PSNR

NnRMSE
MS-SSIM
PSNR

NRMSE
MS-SSIM
PSNR

Volunteer 13

Heart Contour ROI Heart+Surrounding Tissue ROI Full Body
CIED Artifact CycleGAN CIED Artifact CycleGAN CIED Artifact CycleGAN
2.573 +0.297 1.281 +£0.155 1.469 +0.151 0.923 £ 0.085 0.585+0.084 | 0.366 +0.022
0.958 + 0.008 0.987 £+ 0.002 0.893+0.014 | 0.953 +0.005 0.786 + 0.027 0.848 +0.011
26.875+£1.262 | 32.927 £0.971 | 24.837 +1.052 | 28.856 + 0.612 | 18.140+1.176 | 22.148 + 0.485

Volunteer 14

Heart Contour ROI Heart+Surrounding Tissue ROI Full Body
CIED Artifact CycleGAN CIED Artifact CycleGAN CIED Artifact CycleGAN
1.950 +0.112 1.136 £+ 0.122 1.471 +0.075 0.952 £ 0.069 0.607 £ 0.032 0.509 £ 0.023
0.947 £ 0.008 0.980 £0.004 | 0.908 £ 0.006 0.951 £ 0.005 0.811 £ 0.009 0.843 £ 0.007

25.403 £ 0.549

30.137 £ 0.907

23.607 £ 0.417

27.398 + 0.567

20.890 £ 0.452

22.421 +£0.332

Volunteer 8

Heart Contour ROI Heart+Surrounding Tissue ROI Full Body
CIED Artifact CycleGAN CIED Artifact CycleGAN CIED Artifact CycleGAN
2.016 £0.240 | 1.042 £0.105 1.614 +0.176 0.834 £0.073 0.622 £0.110 0.437 £0.025
0.931+0.016 | 0.974 +£0.004 0.881 £ 0.019 0.954 + 0.005 0.779 £ 0.037 0.790 £ 0.012

23.872 £1.020

29.586 + 0.962

22.311 £ 0.935

28.022 £ 0.859

18.555 +1.470

21.496 £ 0.426

Volunteer 3
Heart Contour ROI Heart+Surrounding Tissue ROI Full Body
CIED Artifact CycleGAN CIED Artifact CycleGAN CIED Artifact CycleGAN
1.349 +0.169 0.550 £ 0.099 1.197 £+ 0.157 0.513 £0.079 0.464 + 0.092 0.277 £0.025
0.948 £ 0.010 0.983+0.004 | 0.935+0.013 0.974 + 0.005 0.861 + 0.026 0.897 £ 0.011

24.389 +0.922

32.245 + 1.609

23.333 +£0.988

30.722 +1.335

19.452 + 1.544

23.786 £ 0.771
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Volunteer 11

Heart Contour ROI Heart+Surrounding Tissue ROI Full Body

CIED Artifact CycleGAN CIED Artifact CycleGAN CIED Artifact CycleGAN

0.147 +0.154 1.037 £0.165 2.689 £0.199 1.425+£0.219 0.943 + 0.095 0.511 +0.044
0.863 + 0.024 0.950 +0.011 0.831 +0.025 0.935 +0.009 0.660 + 0.036 0.717 £ 0.015

NnRMSE

MS-SSIM
PSNR 18.796 £ 0.578 | 25.203 +1.348 | 20.057 £ 0.560 | 25.647 +1.236 | 16.681 +0.764 | 21.987 +0.780

CycleGAN artifact-reduced images from the three cine MRI datasets without a
CIED reference are shown in Figure 4.5. All three show a reduction in banding artifacts
near the heart although the images from the volunteer scanned on the 0.32 T MRI-Cobalt-

60 radiotherapy system results are unsatisfactory.

Results from the retrained test datasets for randomly chosen Volunteer 3 (74-year
old female), Volunteer 8 (30-year old male), and Volunteer 11 (58-year old male) are
shown in Figures 4.6 and 4.7. For each randomly chosen test dataset, the model was

retrained using the other (complementary) 13 volunteer datasets.
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Figure 4.4: Histograms for the CIED artifact images (yellow) and images using
CycleGAN artifact reduction (purple) for both volunteer datasets used for testing.

Image quality metrics were measured over the full body ROI.

4.4 Discussion

The objective of this work was to investigate using CycleGAN to reduce CIED
susceptibility artifacts in bSSFP cines commonly used in MRgRT. The trained CycleGAN

model increased Dice coefficients and potentially tracking performance of the whole
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heart. The CycleGAN also improved image quality with the CIED present as indicated by

the reduction in nRMSE and improvements in both PNSR and MS-SSIM.

The main limitation of this study is the small sample size (i.e., number of data sets).
Additional training data should further improve the CycleGAN artifact reduction
capabilities. Since the training data comes from only 12 volunteers, the training data had

a high degree of correlation between training images.

One additional limitation of this study is that the test image pairs used to evaluate
performance were imperfect. The test image pairing based on MS-SSIM scores resulted
in data pairs that visually tracked the cardiac and respiratory cycle well. However, small
differences in the lung vasculature and abdominal structures remained in place due to
slight differences in image positioning, coil placement, and physiological motion. While
great care was taken to keep the volunteers and receiver coils from moving when
removing the CIED, deviations between the data acquired with the CIED present and
absent are likely. Generating high quality, realistic, synthetic susceptibility artifacts on

digital, anatomically correct MRI phantoms could provide a more robust data source.
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With CIED &

Figure 4.5 Application of CycleGAN to the three CIED datasets not used in model
training or testing. Sagittal 4 fps cine bSSFP MRIs are shown without (A, C, E) and with
(B, D, F) CycleGAN processing. (A, B) 61-year-old male VT patient with implanted ICD.
(C, D) 28-year-old and (E, F) 38-year-old healthy male volunteers. The latter (E, F) was
scanned on a ViewRay MRI-Cobalt-60 MRgRT ramped to 0.32 T.

While the CycleGAN generated images are a significant improvement over the
images with CIED susceptibility artifacts, they are not perfect representations of the
underlying reference data. Images exhibit some blurring in and around the region where
the CIED artifacts previously were positioned. The blurring may limit the tracking accuracy

of smaller targets near the susceptibility artifacts.
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Without CIED With CIED &
Reference

With CIED CvcleGAN

Volunteer 8 Volunteer 3

Volunteer 11

Figure 4.6: Images and tracking contours from Volunteer 3 (A-C), Volunteer 8 (D-F),
and Volunteer 11 (G-I). From left: MRIs acquired without the CIED present (A, D, and
G), and with the CIED present (B, E, and H) and reconstructed using the CycleGAN
(C, F, and I). Dice coefficients are shown in yellow at the bottom of the images
acquired with the CIED in place. The CycleGAN generated images (C, F, and I)
resulted in reduced susceptibility artifacts and higher Dice coefficients.

73




The CycleGAN method can be applied to other cine sequences used in MRgRT
(e.g., ViewRay’s 8 fps radial cine sequence) if trained with the respective sequence.
However, we use the 4 fps cartesian cine sequence by default for patients with metal
implants since its specific absorption rate is roughly half of the 8 fps sequence and

treatments may require over an hour of continuous MRI acquisition.

The implementation of GANs directly into the vendor-provided online
reconstruction pipeline is challenging due to the lack of support for programming
languages regularly used for machine learning (e.g., Python, MATLAB, and R). While
packages like Pytorch and Tensorflow have the capability to deploy models in C++,
compatibility with the vendor specific reconstruction compiler version may be
cumbersome. However, open-source reconstruction frameworks with Python 3 support,
such as Gadgetron, may ease the translation of these techniques into a real-time clinical

environment.84
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FIGURE 4.7 Histograms from the CIED artifact images (yellow) and images generated
using CycleGAN artifact reduction (purple) for the randomly chosen volunteer datasets
used for testing. Top row: Volunteer 3 (A) and Volunteer 8 (B). Bottom row: Volunteer
11 (C). Image quality metrics were calculated over the full body ROI. The CycleGAN
reconstructed images caused an increase in the Dice similarity coefficient, peak signal-
to-noise ratio (PSNR), and multiscale structural similarity (MS-SSIM) while reducing the
normalized root mean square error (nRMSE).
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4.5 Conclusions

CycleGAN was demonstrated to reduce susceptibility induced bSSFP artifacts caused by
MR Conditional CIEDs even with limited training data. CycleGAN generated images
displayed a significant improvement in image similarity for tracking of the whole heart and

showed an improvement in image quality compared to the images with artifact.
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Chapter 5: Conclusions and Future

Directions

MRgRT is an exciting development in IGRT. However, the MRI subsystems on MRI-
Linacs are inherently based on hardware and software developed for diagnostic MRIs.
As the technology continues to expand, researchers and vendors will need to continue
to address issues specific to MRgRT. The work presented in this dissertation serves as

a foundation for overcoming some of these limitations.

The Siemens MRI subsystem on the ViewRay 0.35 T MRI-Linac has built-in
software for dynamically correcting Bo inhomogeneities and off-resonances (both first
and zeroth order). However, the software correction was created for the purpose of
correcting Bo inhomogeneities in a diagnostic MRI without a rotating radiation therapy

gantry.

The work in Chapter 2 quantified first and zeroth order Bo and gradient eddy
currents before and after a hardware modification installed by the vendor to address
imaging isocenter variations. While the hardware modification significantly reduced the
imaging isocenter shifts, additional work is warranted to reduce gantry angle dependent
Bo eddy currents that remain outside of vendor specifications. One possible solution to
this problem could be building a look-up table of eddy current corrections on the MRI
subsystem at different gantry angles using triangular gradients to generate a net
gradient impulse response function.®> Another possibility could be an expansion of the

existing Siemens ECC tool that permits dynamic updates based on the current gantry
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position into account. However, dynamic changes in shim coil currents may be

vulnerable to settling times.

The work presented in Chapter 3 uses a modified bSSFP sequence to correct
for Bo fluctuations during gantry rotation in real-time. The use of navigators in the
sequence inherently reduces SNR due to disrupting the steady-state and results in a
minor increase in imaging times. An alternative option to using navigators to estimate Bo
offsets would be to take a model-based approach. By modifying equation 3.3 to account
directly for the gantry position over time to:

6(t)

max

s(t) = <A‘

’ Sin[6(9(t) + B)]) (u[tstart] - u[tstart - tend]) +C 5.1

the linear accelerator gantry motion controller data can be used directly to estimate Bo
fluctuations. One issue with this approach is the noise present in the gantry
inclinometer. The gantry angle data was smoothed by computing the 11-point moving
average to reduce the noise in the data. A symmetric low-pass differentiator with an 11-
point window length was numerically convolved with the inclinometer data to calculate
gantry velocity. These filters resulted in a 0.125 second delay in the gantry angle data.
Figure 5.1 shows the model fit compared to the measured Bo offsets for a complete
counterclockwise rotation of the gantry using a DSV phantom doped with 5 mM NiSO4
(T1/T2: 330/260 ms). Integrating these models and gantry angle data into the MRI

subsystem remains challenging and represents a pathway for future experimentation.
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Figure 5.1: Model fit (red) compared to the measured Bo fluctuation (blue) for a
complete counterclockwise (30°—0°—270°—33°) rotation of the gantry. RMSE =
25.74 Hz

Similarly, the work done in Chapter 4 could be expanded upon. Increasing the
number of volunteers could improve the model’s generalizability and overall
performance. Additionally, integrating the artifact reduction model into an online
reconstruction pipeline such as Gadgetron could be beneficial for real-time

applicaitons.®* The CycleGAN architecture utilized in Chapter 4, could be expanded or
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modified to incorporate k-space data. Model architectures that are designed to capture
features in both k-space and the image domain may perform better than architectures
that only rely on image domain data. The Resnet and U-Net architectures commonly
used in CycleGAN generators are designed for data in the image domain and therefore
cannot optimally extract features in k-space.®® Additionally, other rapid imaging
sequences could be utilized that are less susceptible to CIED artifacts (e.g. unbalanced
steady state sequences, rapid gradient echo sequences) albeit with a tradeoff in

temporal resolution, signal to noise ratios, and/or contrast to noise ratios.
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