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Alzheimer’s disease (AD) is the leading cause of dementia in the aging population worldwide, and a 

progressive neurodegenerative condition of enormous socio-economic impact. Identification of non-

invasive correlates of these pathologies to aid diagnosis in the earliest stages of disease will help to afford 

improved disease management and prevention. One such non-invasive correlate that has received growing 

attention involves the study of the mechanical properties of the brain via MR Elastography (MRE) , as it 

is becoming increasingly clear that tissue mechanics are related to the underlying cellular microstructure 

and overall health state of an organ. Pivotal studies applying MRE at 3T have shown a progressive 

softening of white and gray matter tissue in AD patients compared to healthy controls (especially in the 

frontal, parietal and temporal lobes) in line with the known topography of AD pathology. One of the 

limitations of this approach, however, is that the underlying microstructural causes of tissue 

viscoelasticity variations cannot be directly determined, hence there is a lack of physical understanding 

regarding the meaning of these parameters in the context of dementia and neurodegeneration. This 



 

 

difficulty limits the current predictive value of MRE for early diagnosis and for the assessment of 

individual risk of developing cognitive decline. This work seeks to investigate noise reduction and 

applications of ultra-high field (7T) magnetic resonance elastography (MRE) in determining the 

mechanical properties of brain tissue, with applications in early detection of dementias.
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• Favorite Scanner Sound: 7T Manual Shimming 

• Glasses of Wine: uncountable 

• Zoom Calls: also uncountable  
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Chapter 1: Introduction 

1.1. Background and Motivation 

Historically, pathologies such as tumors or lesions have been identified by physicians by manually 

palpating soft tissue to compare the mechanical properties of healthy tissue to potentially malignant tissues. 

However, for internal organs, such as the brain, this technique is not feasible. Therefore, it was necessary 

for a secondary method of producing these results, or even more accurate results, to be developed, such as 

Magnetic Resonance Elastography (MRE)1. Elastography uses mechanical tissue deformation and detection 

methods to determine the response of tissue to that mechanical tissue deformation2. There are many 

different methods to apply the force for tissue deformation, and magnetic resonance imaging (MRI) is a 

popular method of detection of motion in that tissue1. In MRE, or the process of performing elastography 

using MRI, the most common form of recurrently deforming tissue in a controlled manner is through 

harmonic vibration3. Viscoelastic models are used to extract structural information from MRE 

measurements by establishing a mathematical relationship between viscoelastic parameters of tissue and its 

response to the resulting deformation from the harmonic vibration applied. Performing MRE on brain tissue 

can provide information on different structures within brain tissue based on their mechanical properties, 

such as cell density, myelination, inflammation, vascular density, and functional activation4–19. These 

mechanical parameters can then be used to diagnose pathologies such as multiple sclerosis (MS), 

Alzheimer’s disease, and Parkinson’s disease, or indicate disease progression10,20–28. 

Currently, studies investigating the mechanical properties of the human brain using MRE are 

performed at conventional clinical MRI scanner field strengths of 3 Tesla (T) and 1.5T1. More recently 

there have been a few attempts at performing MRE on the human brain at the ultra-high field strength 7T29. 

This ultra-high field strength allows for higher resolution imaging and higher signal-to-noise ratio (SNR), 

potentially allowing for the determination of the properties of smaller brain sub-structures that have been 

suggested at 3T MRE. However, many advancements must be made to MRE hardware, scanner software, 

and post-processing techniques to make this feasible. When performing MRE, harmonic vibration must be 

induced in the tissue in synchronization with the motion encoding gradient (MEG) in the MRE sequence30. 
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This process requires a type of harmonic actuator that can be used to actuate tissue inside the MRI machine. 

Therefore, this actuator must be MR compatible or at least have the part of the driver unit (end-effector) 

that goes inside the scanner room be MR compatible. This end-effector must also be comfortable for the 

subject for the duration of the scans being executed in the MRI scanning protocol, and provide appropriate 

vibration amplitude equally across the subject’s head31. Additionally, in higher field strength MRI scanners, 

head coils are typically smaller, requiring a more compact end-effector. Additionally, at higher field 

strengths no metal, even non-ferrous metals, can be present in the scanner room, rendering some MRE 

actuator designs unusable and placing even more hardware limitations of such designs. 

Aiming for higher resolution scans of the human brain at 7T, MRE presents unique challenges of 

decreased octahedral shear strain-based signal-to-noise ratio (OSS-SNR) and lower shear wave motion 

sensitivity. Additionally, it has been shown that quantitative values of MRE, i.e., the magnitude of the 

complex shear modulus estimate (|G*|), are sensitive to changes in this SNR measure32, so 7T MRE can 

present a challenge of not only quality, but accuracy. While applying commonly-used filtering techniques 

(e.g., Gaussian, Median) to MRE phase data can increase OSS-SNR (to combat low OSS-SNR in high-

resolution scans), this can also blur fine physiological features, decrease the effective resolution, resulting 

in artificially increased |G*|1. We can increase the OSS-SNR of our MRE acquisition without comprising 

the anatomical accuracy and spatial resolution by utilizing an advanced denoising algorithm33. In this 

technique, we can exploiting the intrinsic redundancies in MRE acquisition to identify and remove noise-

only principal components33. We also apply advanced reconstruction to the raw MRI scanner data using a 

program called Gadgetron to remove artifacts due to scanner reconstruction error. 

In the most recent studies comparing 1.5T, 3T, and 7T MRE of the human brain, MRE at 7T and 

1mm resolution resulted in significantly lower stiffness values than MRE at 1.5T and 3T at 2mm 

resolution34,35. However, one study indicated that when down-sampled to 2mm, the 7T MRE results 

matched the traditional MRE field strength results, but in a second study, the difference remained34,35. In 

the past, we have shown that changes in resolution and field strength do not inherently change the value of 
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|G*| in a linear elastic phantom36,37. However, MRE of phantoms typically have very high SNR, even at 

high resolutions, so this decrease in SNR as resolution increases may not have a large effect on scans with 

inherently high SNR. For MRE of the human brain, however, SNR drastically drops with increasing 

resolution, very likely causing an artificially low |G*| calculation. Another hypothesis that requires more 

evidence, however, is that different structures are being captured at these higher resolutions (and potentially 

higher field strength in general) resulting in these differences. Additionally, most biological tissues, 

including the human brain, exhibit a frequency-dependent mechanical response7, specifically around 

boundaries38, which has yet to be explored at 7T. 

Despite all these drawbacks, lack of validation thus far, and more unanswered questions, 

performing MRE at 7T, and more specifically at high resolution, proves to be an attractive option for 

investigations into small brain structures. One application mentioned previously is detection of 

neurodegeneration and disease progression in Alzheimer’s disease. Early diagnosis of Alzheimer’s disease 

is still challenging, because of the subtlety of the microstructural changes it initially causes in the brain and 

the difficulty of identifying them with traditional neuroimaging techniques such as MRI, PET or CT scans. 

However, recent evidence has revealed that the neurodegeneration characterizing AD is accompanied by 

effective tissue softening, which can be quantified in vivo using MRE. Previous MRE studies have clearly 

indicated that AD is characterized by brain tissue softening accompanying neurodegeneration. However, 

MRE at conventional field strengths alone is insufficient to characterize how variations in regional 

viscoelasticity correlate with tissue microstructure. Hence, there is a lack of physical understanding 

regarding the meaning of these parameters in the context of dementia and neurodegeneration, which limits 

the current predictive value of MRE for early diagnosis and for the assessment of individual risk of 

developing cognitive decline. This is the draw, therefore, of MR neuroimaging at 7T, wherein a multi-

modal approach (including MRE among other advanced 7T MRI sequences) will enable the joint analysis 

of biomechanical, connectomic and pathologic markers in AD patients and bring novel insights in our 

understanding of the mechanisms of AD onset and progression. To apply such neuroimaging, however, 
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many previously stated questions about its application must be answered, drawbacks must be addressed, 

and all aspects must be validated in phantoms, healthy human subjects, and finally older adults and 

Alzheimer’s disease patients. Overall: 

This work seeks to investigate noise reduction and applications of ultra-high field (7T) magnetic resonance 

elastography (MRE) in determining the mechanical properties of brain tissue, with applications in early 

detection of dementias. 

1.2 Aims 

In this work, we aim to first design, validate, and implement MRE actuator hardware (Aim 1), 

sequences, and post-processing pipelines at both 7T and 3T for use on both phantoms and the human brain 

(Aim 2). We will then use these validated methods to answer fundamental questions regarding high 

resolution mechanical imaging of the healthy human brain using different viscoelastic inversion methods 

(Aims 3 and 4). Finally, we will utilize this new information and processes to determine the feasibility of 

MRE as a biomarker or neurodegenerations, specifically in Alzheimer’s Disease (Aim 5). 

1.1.1. Aim 1: Design, Implement, and Validate a 7T Compatible Convertible Pneumatic MRE Actuator 

for Use on Phantom and the Human Brain 

In MRE, mechanical waves generated by the actuator, usually transmitted in a burst of specified 

duration, must be synchronized with the MR signal excitation39. The vibration frequency, dependent on the 

application, is generally in the range of 40-120Hz. In order to perform MRE at 7T, however, a novel actuator 

that is ultra-high field compatible and approved needs to be developed and validated due to the size, 

material, and T2 relaxation constraints imposed by moving to 7T. Additionally, because the actuator must 

be used in an ultra-high field MR setting, the tissue-contacting portion of the actuator must contain only 

ultra-high MR-safe materials. In this Aim, we will build and validate two types of MRE actuators. In the 

first part of this Aim, we will design, build, and validate a 7T-compatible convertible pneumatic actuator 

to applying distributed vibration to both human and phantom. The phantom MRE will be used for 

amplitude, frequency, and sequence integration validation, as well as validation of the basic viscoelastic 

inversion algorithm use to calculate stiffness. Subsequently, 5-10 healthy human test MRE scans will be 
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performed with the device to create the optimal end effector (pillow) design for both vibration application 

and patient comfort.  

1.1.2. Aim 2: Sequence and Software Framework Development for High Resolution, Low Noise MRE of 

the Human Brain at 7T 

 Recently, there have been a few attempts at performing MRE on the human brain at the ultra-high 

field strength 7T29, which allows for higher resolution imaging and higher signal-to-noise ratio (SNR). This 

advancement will potentially allow for the determination of the properties of smaller brain sub-structures 

that have been suggested at 3T MRE and has specific applications in early diagnosis of neurodegenerative 

diseases such as Alzheimer’s disease. However, in moving to 7T and subsequently higher resolution, MRE 

presents unique challenges of decreased octahedral shear strain-based signal-to-noise ratio (OSS-SNR) and 

lower shear wave motion sensitivity. Additionally, it has been shown that quantitative values of MRE, i.e., 

the magnitude of the complex shear modulus estimate (|G*|), are sensitive to changes in OSS-SNR32, so 7T 

MRE can present a challenge of not only quality, but accuracy. In this Aim, we propose a novel 7T MRE 

sequence and post-processing framework to obtain accurate 1.1 mm isotropic resolution mechanical 

property maps (elastograms) of the human brain. To do this, we will first perform validation scans of our 

elasticity phantom with known mechanical properties at both 3T and multiple resolutions at 7T to ensure 

that there are no inherent differences in our algorithms between field strengths and resolutions in a linearly 

elastic, homogeneous material. Next, we will test this sequence and initial post-processing method in 

healthy human subjects to show human-use feasibility, ensure that mechanical displacement is visible in 

brain tissue at high resolution at 7T (and ensure that OSS-SNR is high enough for inversion), and perform 

initial development of direct inversion post-processing to calculate the complex shear modulus in the brain. 

This aim will be performed concurrently with Aim 1. 

1.1.3. Aim 3: Validation of High Resolution and Ultra-High Field Strength MRE on Shear Stiffness 

Reconstruction of the Human Brain Using Direct Inversion 

In the most recent studies comparing 1.5T, 3T, and 7T MRE of the human brain, MRE at 7T and 

1mm resolution resulted in significantly lower stiffness values than MRE at 1.5T and 3T at 2mm 

resolution34,35. However, one study indicated that when down-sampled to 2 mm, the 7T MRE results 
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matched the traditional MRE field strength results, but in a second study, the difference remained34,35. In 

the past, we have shown that changes in resolution and field strength do not inherently change the value of 

complex shear stiffness in a linear elastic phantom36,37. In the past, we have shown that changes in resolution 

and field strength do not inherently change the value of complex shear stiffness in a linear elastic 

phantom36,37. However, MRE of phantoms typically have very high SNR, even at high resolutions, so this 

decrease in SNR as resolution increases may not have a large effect on scans with inherently high SNR. 

For MRE of the human brain, however, SNR drastically drops with increasing resolution, very likely 

causing an artificially low complex shear stiffness calculation. Another hypothesis that requires more 

evidence, however, is that different structures are being captured at these higher resolutions (and potentially 

higher field strength in general) resulting in these differences. In this Aim, we will determine if we are 

capturing different viscoelastic features at higher resolutions and field strengths or if these apparent 

differences in |G*| and its components are due to low OSS-SNR at high resolution. This Aim’s importance 

lies in determining whether different resolutions require different ‘baseline’ mechanical properties to 

compare to in the case of potential neurodegeneration, if it is simply enough to control for OSS-SNR in 

analyses, or if both must be done. To accomplish this, we will recruit 20 healthy human subjects (ages 18-

35) to undergo 3T MRE at the standard 2.5 mm isotropic resolution and 7T MRE at matched (2.5 mm) 

isotropic resolution, a middle 1.7 mm isotropic resolution, and finally our 1.1 mm high resolution. The 

previously validated advanced post-processing techniques will be performed on each field strength and 

resolution group, and Complex Shear Modulus, its components, and OSS-SNR will be compared between 

these groups.  

1.1.6. Aim 4: Characterizing Brain Mechanics Through 7T MRE with 3T MRE Comparison via 

Nonlinear Inversion 

Direct inversion methods require a variety of simplifying mechanical assumptions that, while result 

in fast processing, may contribute to the observed resolution-dependent |G*| results for brain tissue. Because 

these |G*| values are calculated directly using displacement maps, it is very likely that higher spatial wave 

sampling rate is a contributor to this resolution-dependent differences. Additionally, using direct inversion 
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requires the application of many spatial and temporal smoothening filter (e.g., curl filtering and Romano 

filtering), reducing both the effective property map resolution (and therefore the benefit of moving to high 

resolutions), and the benefit of using non-smoothening denoising methods like the MP-PCA denoised 

applied in the previous Chapter. Therefore, it became clear that moving to a finite element, optimization 

based, nonlinear inversional algorithm was necessary for better understanding of the mechanical properties 

of highly inhomogeneous and complex tissues such as the brain, as well as for determining clinical 

applicability of high resolution MRE. Nonlinear viscoelastic inversion, as developed by McGarry, et al., 

has been extensively used and validated for MRE of the human brain at various resolutions at 3T (3.00 mm 

– 1.25 mm) and can calculate heterogeneous mechanical properties of tissue, reducing model-data mismatch 

that occurs in direct inversion methods (mcgarry 2021). This will allows us to better model the small 

heterogeneous structures in the brain that are also visible in other imaging modalities (mcgarry 2021).  

Also, one of the main benefits of performing high resolution MRE at 7T is that other high resolution 

imaging modalities that are only available at 7T can also be captured for the same subjects in the same 

imaging sessions. The highest resolution that was performed in previous Chapters on the entire healthy 

young-adult cohort, 1.1 mm isotropic resolution, was specifically targeted because it is the resolution that 

is used during 7T Diffusion Tensor Imaging (DTI). By performing MRE at a matched resolution to these 

highly resolved 7T MRI sequences, we can determine the relationship between stiffness and these other 

properties like microstructural integrity, water diffusion, tissue anisotropy, perfusion, etc., as these 

contribute to the heterogeneity and anisotropic material properties of brain tissue. We will accomplish this 

by re-processing the 7T and 3T data collected in the previous Aim with nonlinear inversion to investigate 

the mechanical properties with greater detail and accuracy at the high resolution. We will also compare the 

property maps between the 3T MRE elastograms and the matched-resolution 7T elastograms to ensure that 

we are properly capturing the mechanical stiffness of brain tissue using our 7T method We will segment 

the brain not just into the main lobes, but also into smaller sub-regions using Freesurfer to determine 

potential mechanical property contrast differences in small regions. These subjects also will have underwent 
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DTI scanning at high resolution during the7T scanning protocol so we will also attempt to correlate these 

microstructural properties with mechanical properties. 

1.1.7. Aim 5: MRE as a Biomarker for Alzheimer’s Disease and for Exploration of Healthy Brain Aging 

Alzheimer’s disease (AD) is the leading cause of dementia in the aging population worldwide, and 

a progressive neurodegenerative condition of enormous socio-economic impact. The main pathogenic 

hallmarks of the disease are the progressive extracellular accumulation of β-amyloid (Aβ) plaques and 

intraneuronal aggregation of neurofibrillary tau tangles. Identification of non-invasive correlates of these 

pathologies to aid diagnosis in the earliest stages of disease will help to afford improved disease 

management and prevention. One such non-invasive correlate that has received growing attention involves 

the study of the mechanical properties of the brain via MRE, as it is becoming increasingly clear that tissue 

mechanics are related to the underlying cellular microstructure and overall health state of an organ. Pivotal 

studies applying MRE at 3T have shown a progressive softening of white and gray matter tissue in AD 

patients compared to healthy controls (especially in the frontal, parietal and temporal lobes) in line with the 

known topography of AD pathology. One of the limitations of this approach, however, is that the underlying 

microstructural causes of tissue viscoelasticity variations cannot be directly determined, hence there is a 

lack of physical understanding regarding the meaning of these parameters in the context of dementia and 

neurodegeneration. This difficulty limits the current predictive value of MRE for early diagnosis and for 

the assessment of individual risk of developing cognitive decline. In this final aim, we will test the efficacy 

of the MRE methods developed in the previous Aims on extracting MRE biomarkers in patient with AD 

and Mild Cognitive Impairment (MCI). For the first part of this Aim, we will develop a framework for 

correlating regional 7T MRE metrics and amyloid PET metrics, and perform this regional correlation on a 

small cohort of older healthy adults. In the second part of this Aim, we will perform high resolution 7T 

MRE and 7T DTI on a cohort of AD or MCI patients and a cohort of age-matched healthy controls who 

have all undergone amyloid PET scans and cognitive testing in a previous study. We will then utilize our 

previously validated advanced frameworks and post-processing techniques and correlate the regional 

complex shear modulus from MRE, fractional anisotropy and diffusivity from DTI, the previously collected 
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beta-amyloid PET, and cognitive testing results to determine microstructural changes as a result of 

neurodegeneration. 
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Chapter 2: Background 

2.1. MRI Theory 

In a standard anatomical MRI scan, a static magnetic field (Bo) of a strength dependent on the MRI 

machine induces magnetization (M) in protons within its magnetic field to align with that field (where p is 

the proton gyromagnetic ratio) 40. 

𝑑𝑴

𝑑𝑡
= 𝛾𝑝𝑴 × 𝑩𝒐                                (1) 

The rotation, or precession, of the protons’ magnetization occurs at a rate (dM/dt) determined by 

the strength of the magnetic field, and the total magnetization has both a longitudinal and transverse 

component 40,41. 

𝑴(𝑡) = 𝑴||(𝑡) + 𝑴⊥(𝑡)                          (2) 

A second magnetic field (B1) can be used to tilt the magnetization from equilibrium (longitudinal 

plane) to the transverse plane 40. This transverse magnetization induces a characteristic sinusoidal voltage 

signal in conductor loops/receive coils placed around the tissue of interest41. This received signal is divided 

and filtered into real and imaginary parts to determine the magnitude of the signal and phase angle between 

the transverse signal and axis of the rotating frame of reference41. However, the interactions of a spin with 

its surroundings will change the orientation of its magnetic moment42. This magnetization will dephase over 

time, moving from the transverse plane back to the longitudinal plane. T1 is a time constant that indicates 

energy dissipation, or relaxation into the longitudinal axis over time41,42. 

𝜕𝑴||

𝜕𝑡
=

1

𝑇1
(𝑴𝑜(𝑡) + 𝑴||(𝑡))                      (3) 

T2 is a time constant that describes relaxation that occurs independently but simultaneously with 

T1
42. T2 characterizes signal decay due to loss of phase coherence of the precession phase, meaning that the 

spins which were in phase immediately after excitation are no longer in phase with each other42. T2 

relaxation is said to characterize proton mobility, where a low proton mobility indicated by a small T2
41. 
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𝑴⊥(𝑡) = 𝑴⊥(0) ∙ 𝑒
−𝑡

𝑇2
⁄

                         (4) 

The sequential application of three orthogonal magnetic gradients leads to 3D spatial encoding of 

MRI signal, one in the ‘slice selection’ (SS) direction, one in the ‘phase encoding’ (PE) direction, and one 

in the ‘readout’ (RO) direction40. In the slice selection procedure, a combination of a slice select gradient 

and a sinc-shaped B1 magnetic pulse excites only protons in a slice of specified orientation and 

thickness40,41. The phase encoding gradient is applied for a short time and is perpendicular to the slice-select 

gradient40. By applying the phase-encoding gradient, an excited spin is encoded in its precession phase as 

a function of its position along the phase-encoding axis40. The readout/frequency encoding gradient is 

perpendicular to slice selection and phase encoding gradients and is applied when the signal is being 

sampled by the receive coils’ analog-to-digital converter41. Therefore, the receive coils will detect the 

magnetization signal (both magnitude and phase) as a superposition of all of the individual signals averaged 

over space41. By changing the amplitude and duration of the phase encoding gradient, different ‘lines’ of 

the image can be captured40.  

If readout begins immediately after B1 excitation, T2 relaxation would cause the signal amplitude 

at the end of the ‘line’ to be smaller than at the beginning of the ‘line’ leading to asymmetry in the image 

41. To overcome this asymmetry problem, the magnetization must be refocused by a B1-like magnetization 

pulse so that the amplitude of the signal reaches a local maximum, or echo, at a certain time (TE or echo 

time) post-excitation 41. Therefore, readout must be performed symmetrically around this local maximum 

so that the signal amplitude is symmetrical over the entire ‘line’41. 

2.2. MRE Theory 

MRE is a phase-contrast MRI technique, meaning that the relevant information is stored in the 

signal’s phase as opposed to its amplitude41. In order to detect motion, another magnetic gradient pulse is 

added to the sequence (Fig. 2.2.1) called a motion encoding gradient (MEG)43. To isolate wave information, 

several images at different phases of wave oscillation must be acquired to calculate phase difference images. 

This capturing of wave images requires the signal acquisition be synchronized with the physical mechanical 
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vibration43. To achieve this, typically a trigger signal in the form of a TTL pulse is sent to the vibration 

generator by the MR scanner to initiate imaging 41. Different wave phases are captured by repeating this 

triggering and acquisition process with different time delays, 𝜏, to capture n wave phases at frequency, f, in 

steps of ∆𝜏 =
1

𝑓∙𝑛
, so that one vibration cycle is sampled with n equidistant data points41. 

For capturing the accumulation of phase ((t)) due to motion, in the presence of the MEG gradient 

field superimposed on Bo (G(t)), a spin with position x(t) accumulates phase44: 

𝜙(𝑡) = 𝛾 ∫ 𝑮(𝑡′) ∙ 𝒙(𝑡′)𝑑𝑡′
𝑡

0
                      (5) 

The simple linear motion of this spin is described by: 

𝒙(𝑡) = 𝑥𝑜 + 𝑣𝑜𝑡                               (6) 

Where xo and vo are the initial position and velocity44. Given that terms higher order than velocity are 

negligible, a MEG function establishes a relationship between the accumulation of phase and the first 

gradient moment44. The complex motion of the spin can be described as: 

𝒙(𝑡) = 𝒙𝑜 + 𝜉(𝒙, 𝑡)                            (7) 

 

Figure 2.2.1: Timing Schematic of A Common MRE Sequence Where The MEG is 

Applied Sequentially On The 3 Different Axes 41 

Where xo is the spin’s average position, and 𝜉(𝒙, 𝑡) is the displacement of the spin about its average position, 

x, in this case44: 
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𝜉(𝒙, 𝜃) = 𝜉𝑜
⃗⃗ ⃗⃗ cos⁡(𝒌 ∙ 𝒙 − 𝜔𝑡 + 𝜃)                 (8) 

With k being the wave vector,  being the phase offset,  being the angular frequency of excitation, and 𝜉𝑜
⃗⃗ ⃗⃗  

being the displacement amplitude, assuming that the spin undergoes simple harmonic motion44. The main 

assumption for the MEG gradient function is that it is considered to be the basis function for the harmonic 

components of x(t), where the area under the function is equal to zero for the time duration t, meaning that 

the gradient is switched in polarity at the same frequency of the spin’s motion44. This then means that the 

phase accumulation is: 

𝜙(𝒙, 𝜃) = 𝛾 ∫ 𝑮(𝑡) ∙
𝑡=𝑁∙𝑇<𝑇𝐸

𝑜
𝜉𝑜
⃗⃗ ⃗⃗ cos⁡(𝒌 ∙ 𝒙 − 𝜔𝑡 + 𝜃)𝑑𝑡   (9) 

𝜙(𝒙, 𝜃) =
2𝛾𝑁𝑇(𝑮∙𝜉𝑜

⃗⃗⃗⃗⃗)

𝜋
sin⁡(𝒌 ∙ 𝒙 + 𝜃)             (10) 

Where N is the number of gradient cycles, T is the period of mechanical excitation, and TE is the time when 

the signal is received 44. In practice, the gradient waveform and vibration frequency are chosen to meet the 

demands of wave mechanics, image resolution, signal quality, and hardware performance41.  

This final equation (10) is used to convert the phase shifts to displacement values in order to create a 

displacement map. Using these displacement maps, the wavelength () of the mechanical waves in the 

medium is measured, and the magnitude of the shear modulus of the material () was calculating using the 

basic inversion: 

𝜇 = 𝑓2𝜆2𝜌                                     (11) 

Where f is the frequency of the mechanical excitation and  is the density of the material/tissue44. 

2.3. Mechanical Modeling and SNR Calculation of Tissue using MRE 

While equation (11) for calculating shear modulus is technically correct and was used in the initial 

MRE experiments and papers to calculate material properties, it is only truly useful for use with 1-D 

mechanical waves and is considered simplistic. Assuming linear wave propagation due to small 
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deformations (~1mm), the wave equation in a homogeneous and isotropic material can be derived from the 

relationship between displacement, strain, and stress. Change in displacement, ignoring translational 

motion, rotation, and rigid body deformation can be written as: 

𝛿𝑢𝑖 =
𝜕𝑢𝑖(𝑥)

𝜕𝑢𝑗
𝛿𝑥𝑗 =

1

2
(
𝜕𝑢𝑖

𝜕𝑥𝑗
+

𝜕𝑢𝑗

𝜕𝑥𝑖
) 𝛿𝑥𝑗 + (

𝜕𝑢𝑖

𝜕𝑥𝑗
−

𝜕𝑢𝑗

𝜕𝑥𝑖
) 𝛿𝑥𝑗 = (𝑒𝑖𝑗 + 𝜔𝑖𝑗)𝛿𝑥𝑗  (12) 

 Where eij is the strain tensor that contains the spatial derivatives of the displacement field (u) and 

ωij is the rotational translation. The relationship between strain and displacement can be written as: 

𝑒𝑖𝑗 =
1

2
(∇𝑢 + (∇𝑢)𝑇)  (13) 

And using the relationship between displacement and stress, we can derive the following equation of 

motion (excluding body force): 

𝜎𝑖𝑗,𝑗(𝑥, 𝑡) = 𝜌
𝜕2𝑢𝑖(𝑥,𝑡)

𝛿𝑡2   (14) 

And we can then write the following constitutive equation: 

𝜎𝑖𝑗 = 𝐶𝑖𝑗𝑘𝑙𝑒𝑘𝑙  (15) 

In the isotropic case where Cijkl only has Lame constants μ and λ such that we are now observing a 

linearly elastic, isotropic materials, we can write our wave equation as: 

𝜌𝑢̈ = (𝜆 + 2𝜇)∇(∇ ∙ 𝑢) − 𝜇∇ × ∇ × 𝑢  (16) 

We can further simplify using the assumption of incompressibility of our material and perform what is 

considered the Algebraic Inversion of the Differential Equation (AIDE) using the Helmholtz Equation: 

𝜇∇2𝑢 = −𝜌𝜔2𝑢  (17) 

Which can also be written as (through Laplace Transform): 

𝐺(𝜔) =
𝜌𝜔2𝑈

∆𝑈
  (18) 
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Where G(ω) = G’ + iG” is the complex shear modulus, which is the sum of the Storage Modulus (elastic 

modulus; real component) and Loss Modulus (viscous modulus; imaginary component). More complex 

inversions are also used to calculate material properties without simplifying to the Helmholtz equation, 

such as nonlinear viscoelastic inversion of the time-harmonic Navier’s equation45. The time-harmonic 

Navier’s equation describes the evolution of displacement fields in a viscoelastic medium given by 

Equation 19. 

∇ ∙ (𝜇(∇𝑢⃗ + ∇𝑢⃗ 𝑇)) + ∇(𝜆∇ ∙ 𝑢⃗ ) = −𝜌𝜔2𝑢⃗  (19) 

Where μ is the complex-valued viscoelastic shear modulus, λ is the second Lamẽ parameter, ρ is the density, 

ω is the excitation frequency, and u vector is the complex valued displacement vector computed during the 

solution of the forward problem. The nonlinear inversion involves the iterative minimization of the 

objective function45: 

Φ(𝜃) = ∑ {(𝑢𝑚(𝑖) − 𝑢𝑐(𝑖)(𝜃))(𝑢𝑚(𝑖) − 𝑢𝑐(𝑖)(𝜃)) ∗}
𝑁𝑚
𝑖=1   (20) 

Where um(i) is the complex-valued amplitude of the ith displacement measurement, uc(i)(θ) is the analogous 

displacement calculated with the forward computational model based on the current estimates, θ, and Nm is 

the number of measurements. While the forward problem involves the calculation of uc(θ), the inverse 

problem iteratively estimates the material properties that minimize (20). The forward problem requires a 

partial differential equation solution of (19), which requires boundary conditions in the form of the fixed 

displacement measurements that we can acquire anywhere in the tissue when we perform MRE. By using 

a subzone method where there is a grid of boundaries (fixed or sliding), we can acquire a well characterized 

solution using 15-20 nodes per wavelength. 

As previously stated, MR measurements of harmonic motion during MRE involves recording 

displacements at a given number of phase offsets, and a sinusoid is then fitted to these temporal 

measurements using a discrete Fourier transform. The noise level of the MRE data can therefore be 

estimated by determining the mismatch between the fitted sinusoid and the displacement measurements. 
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We can do this by assuming that all components of the signal that are not the main harmonic Fourier 

component are due to noise. While estimating signal-to-noise ratio (SNR) based on motion alone is a valid 

method, calculating SNR based on strain rather than motion provides a reliable measure of the quality of 

MRE data due to the direct dependency of shear modulus on strain46. 

 In general, Cauchy’s symmetric strain tensor can be written as: 

𝜀 = [

𝜀𝑥𝑥 𝜀𝑥𝑦 𝜀𝑥𝑧

𝜀𝑦𝑥 𝜀𝑦𝑦 𝜀𝑦𝑧

𝜀𝑧𝑥 𝜀𝑧𝑦 𝜀𝑧𝑧

] =

[
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    (21) 

Where u, v, and w are displacement in the x, y, and z directions respectively. From this tensor, we can 

calculate the octahedral shear strain (OSS, deviatoric component): 

𝜀𝑠 =
2

3
√(𝜀𝑥𝑥 − 𝜀𝑦𝑦)

2 + (𝜀𝑥𝑥 − 𝜀𝑧𝑧)
2 + (𝜀𝑦𝑦 − 𝜀𝑧𝑧)

2 + 6(𝜀𝑥𝑦
2 + 𝜀𝑥𝑧

2 + 𝜀𝑦𝑧
2 )  (22) 

Which is the maximum value of the shear strain in any plane. In harmonic motion of tissue, OSS over a 

cycle is periodic with a frequency twice that of the driving signal. In our OSS-SNR calculation, we 

perform a Fourier decomposition on the unwrapped phase difference to determine the amplitudes of the 

harmonic signal components. We then sum all harmonic components that are not the main harmonic and 

calculate strain components and OSS for the main harmonic components and the summed noise harmonic 

components individually. We can then calculate OSS-SNR using the ratio of OSS of the main harmonic 

component to OSS of the summed noise components. Typically, an average OSS-SNR of 3 or greater is 

considered acceptable for inversion. 

2.4. MRI and MRE Sequences 

In general, for MR pulse strategies, one cycle can be described as first excitation, then signal 

manipulation, and finally readout.2 Excitation is transverse magnetization through radiofrequency (RF) 

pulses, including slice selection.2 Signal manipulation can include additional RF pulses, gradients, or time 

delays. 2 Readout is the sampling of the MR signal, which can be done as a segmented image collection 
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where one line is recorded per excitation pulse or as the full image in a single-shot sequence.2 While an RF 

pulse flips magnetization, the signal amplitude will decrease over time as dephasing occurs.2 Pulses called 

spin-echoes and gradient-echoes can be used to reverse this dephasing.2 A spin echo is a 180-degree RF 

pulse, while a gradient echo uses a pair of dephaser and rephaser gradients.2 

Fast Low-Angle Shot (FLASH) is a segmented image acquisition sequence, meaning that it requires 

several excitation-readout cycles to obtain a full image.2 Each repetition is one line in the image with a 

different phase encoding gradient on each repetition.2 This sequence has very short echo times and a small 

flip angle, meaning only a fraction of the longitudinal magnetic field is flipped into the transverse plane, 

and a certain amount of the magnetic field flips back to the longitudinal plane between pulses.2 This process 

removes most of the recovery time that is needed to flip the magnetic field back to the longitudinal plane, 

so image processing is faster.2 This process also uses a gradient spoiling, which is when a magnetic field 

gradient pulse is applied to remove transverse magnetization by producing a rapid variation of its phase 

along the direction of the gradient. 2 A slice-select spoiler gradient with a different amplitude per repetition 

prevents the buildup of remaining transverse magnetization.2 

For a FLASH MRE sequence, the motion encoding gradient (MEG) is located between the slice-

select and phase-encoding gradients.2 The acquisition loop consists of a trigger signal to the actuator to 

trigger vibration generation, followed by a set time delay, which is then preceded by the FLASH sequence 

with the MEG on a gradient axis.2 After a series of acquisitions, the time delay is adjusted, and this 

acquisition loop is repeated.2 This delay-repeat cycle is repeated until all phase propagation steps are 

acquired.2 This full acquisition sequence is repeated with the MEG on the other two gradient axes to acquire 

different projections of the tissue displacement field.2 The entire sequence is done with continuous 

vibration, needing only one trigger signal to the actuator.2 Adding the MEG to the sequence prolongs the 

echo time and repetition time compared to the MRI FLASH sequence.2 Increasing the repetition time allows 

for greater signal quality, however, it increases the acquisition time.2 
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Balanced Steady-State Free Precession (bSSFP) is another segmented image acquisition sequence.2 

The gradients of each axis are fully balanced for each loop iteration, so a spoiler gradient is not necessary.2 

The radiofrequency (RF) pulses are deployed so that the remaining longitudinal magnetization can 

contribute to the steady state precession.2 If the RF pulses are in the same phase as the rotating reference 

frame and are orthogonal to the in-plane magnetization, each pulse both flips the longitudinal magnetization 

into the transverse plane and flips part of the transverse magnetization onto the negative longitudinal axis.2 

If the increase in transverse magnetization per RF pulse due to the longitudinal magnetization flipping to 

the transverse plane is larger than the decrease in transverse magnetization due to the flipping of transverse 

magnetization into the negative longitudinal axis, then the signal amplitude is larger than that produced by 

FLASH imaging.2 However, if the pulses are not orthogonal to the transverse magnetization, the flipping 

effect has to be deconstructed into two components.2 This then leads to complex magnetization patterns 

that will interfere with data acquisition, which shows up as a banding pattern.2 When adding a MEG into 

the sequence, the signal generation is far more complex than that of FLASH or EPI MRE, so a modified 

bSSFP sequence is typically not used for MRE.2 

Echo Planar Imaging (EPI) is a single-shot sequence that allows to the acquisition of a full 2D 

image with one RF excitation.2 An oscillating readout gradient combined with short intermittent phase 

encoding gradient pulses to sample the image in a zigzag pattern.2 EPI uses a 90-degree RF pulse followed 

by a refocusing pulse with a time delay.2 The signal sampling starts right after the refocusing pulse that 

forms a spin echo.2 Even though the magnetization takes time to return to the longitudinal state before the 

next flip, EPI is one of the fastest MRI techniques available.2 Low spatial frequencies allow for maximum 

signal-to-noise-ratio (SNR).2 

An MRE EPI sequence can be implemented as a gradient echo (GE) or spin echo (SE) technique.2 

The MEG can be inserted into the SE-EPI sequence by either being placed between the 90 and 180-degree 

refocusing pulses, which doesn’t necessarily increase echo time or repetition time, or the MEG can be split 

in half and placed on either side of a single refocusing pulse, in which case the duration of the MEG dictates 
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how long the echo time is.2 One disadvantage of using SE-EPI is that SNR can be decreased at higher field 

strengths due to increased field fluctuations when multiple lines of the signal are sampled in quick 

succession.2 In general, the GE-EPI structure is much simpler than the SE-EPI structure.2 There is only one 

possible location for the MEG (between the refocusing pulses), and it is implemented as a segmented 

acquisition sequence with a spoiler gradient at the end of the sequence to remove the in-plane magnetization 

in order for the following RF pulses do not generate undesirable echoes.2 This extra gradient pulse and the 

fact that it is a segmented acquisition sequence means that GE-EPI is slower than the single-shot SE-EPI.2 

Table 2.4.1. Commonly used MRI sequences, advantages and disadvantages of using these sequences, 

their use in MRE, and advantages and disadvantages of using these altered sequences for MRE2 

Sequence FLASH bSSFP EPI 

MRI Theory Flips a fraction of the 

longitudinal magnetic field 

while a certain amount 

relaxes back during each 

interval between pulses 

Each pulse flips 

longitudinal magnetization 

to transverse plane and 

transverse to negative 

longitudinal axis 

Oscillating readout 

gradient combined with a 

short-intermittent phase 

encoding gradient pulses, 

and signal sampling starts 

right after a refocusing 

pulse 

Advantages Removes recovery time, so 

image processing is faster 

Signal amplitude larger 

than FLASH 

One of the fastest MRI 

techniques available 

Disadvantages Potential buildup of 

transverse magnetization 

requires a spoiler gradient 

If pules are not orthogonal 

to transverse 

magnetization, complex 

magnetization patterns 

interfere with data 

acquisition 

Periphery sampled at lower 

amplitudes limiting SNR 

to a maximum value 

Location of 

MEG 

Between slice-select and 

phase-encoding gradients 

Not typically used for 

MRE due to too high 

motion sensitivity and 

complex signal generation 

Between two refocusing 

pulses OR split on either 

side of one refocusing 

pulse 

Advantages Can increase repetition 

time to allow for better 

signal quality 

N/A Faster acquisition, and 

sensitivity can be increased 

by slightly lengthening 

acquisition 

Disadvantages Longer acquisition time 

than FLASH due to delay 

and potentially increased 

repetition time 

N/A In SE-EPI, SNR can 

become decreased at 

higher field strengths. 

GE-EPI increases 

acquisition time. 

 Another MRE sequence specifically used in Johnson et al.’s studies is a specialized multi-shot 

spiral sequence. In this case, a spiral readout gradient instead of a symmetric readout gradient, such as those 



20 

 

in the above-mentioned sequences, allows for a shorter echo time.17 In addition, the spiral readout allows 

for high resolution acquisition, as echo time is no longer dependent on resolution.17 This sequence uses a 

multi-shot acquisition scheme because a single-shot approach would lead to long readout times in high-

resolution acquisitions and distortions due to inhomogeneities in the static magnetic field.17 While the most 

common sequence used in brain MRE acquisition is SE-EPI, Johnson et al.’s group uses this spiral readout 

sequence as faster alternative. 

2.5. Benefits and Challenges in Moving to 7T 

Conventional human MRI scanners have static magnetic fields of 1.5T or 3T, however, more 

recently the FDA approved 7T human scanners for clinical use. Compared to 3T scans, 7T has much greater 

sensitivity, and inherently increased signal to noise ratio (SNR) and spatial resolution47. Theoretically, SNR 

scales with field strength in MR imaging with the relationship SNRBo, and the resolution is approximately 

1/n0.33 when Bo is increased by a factor of n48. The resolution can be even greater increased using different 

gradients and specialized sequences. However, despite the theoretical linear relationship between SNR and 

field strength, a linear increase is unattainable due to changing tissue relaxation and increased magnetic 

field inhomogeneities. 

As stated before, interactions of a spin with its surroundings can changes the orientation of its 

magnetic moment. These magnetization vectors will therefore dephase over time, reducing the transverse 

magnetization. Bo inhomogeneities are also greater at higher magnetic field strengths, adding to this 

dephasing. Also, at higher magnetic field strengths, relaxation effects occur faster, resulting in a decreased 

apparent T2 (T2*) value49. For example, for the gray matter in the brain, while T2* at 3T is 66ms, at 7T, T2* 

is only 33.2ms50. For example, the scaling of T2* for subcortical gray matter can be approximated as 

T2*=1/(7+3.5xBo)51. This causes a unique problem not addressed at conventional field strengths, and that 

is making the TE of a sequence close enough to the T2 or T2* value to preserve SNR and signal amplitude. 

Long echo times make a sequence more sensitive to signal relaxation, resulting in lower SNR. In general, 

for MRI sequences: 
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𝑆𝑁𝑅 ∝ √𝑇𝑠 ∙ 𝑉 ∙ exp⁡(−
𝑇𝐸

𝑇𝑟𝑒𝑙𝑎𝑥
)               (23) 

Where Ts is the sampling time, Trelax is T2 or T2*of the tissue of interest, and V is the volume of a 

single voxel41. The signal amplitude can be calculated as: 

|𝑆(𝑇𝐸)| = |𝑆(0)| ∙ exp⁡(−
𝑇𝐸

𝑇𝑟𝑒𝑙𝑎𝑥
)              (24) 

Where |S(TE)| is the signal amplitude at echo time, and |S(0)| is the signal amplitude immediately 

after excitation41. Therefore, a larger TE compared to the relaxation constant results in both lower SNR and 

lower signal amplitude. However, in MRE, the length of the echo time is longer than most other MRI 

sequences in order to accommodate the MEG, leading to SNR and amplitude degradation in MRE more 

than other 7T sequences. 

As for field inhomogeneities, Bo inhomogeneity directly scales with field strength, which leads to 

distortion in both the shape and intensity of images. This inhomogeneity reduces SNR but can be combatted 

using decreased voxel volumes, shimming (adding coils to make Bo more homogeneous), and collecting 

reference volumes in opposite phase encoding directions so the distortions are in opposite directions and 

can be filtered out51. B1 inhomogeneity also increases with field strength47. As the Bo field increases, the B1 

operating wavelength gets closer to the diameter of the tissue of interest (in this case the human head)49. 

This results in decreased B1 strength at the periphery of the tissue compared to the center, with peripheral 

B1 being 42% lower than central B1
49. This leads to changes in contrast and signal drop-out across the 

image, and conventional pulse sequences are particularly susceptible to this B1 inhomogeneity. To combat 

this, unconventional sequences, such as adiabatic pulse sequences, can be developed and used in place of 

the conventional pulse sequences52, although no such specialized B1 pulses have been used in MRE 

sequences. 
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Chapter 3: Design, Testing, and Implementation of MRE Actuators 

3.1 Introduction 

During MRE, mechanical waves generated by the mechanical actuator, usually transmitted in a 

burst of specified duration, must be synchronized with the MR signal excitation39. The vibration frequency, 

dependent on the application, is generally in the range of 40-120 Hz39. This actuator must be used in an 

ultra-high MR setting, so the tissue-contacting portion of the actuator must contain only ultra-high MR-safe 

materials. Common electromagnetic and piezoelectric actuators are inherently made of metals and may not 

be ultra-high field MR-safe. Specifically, electromagnetic actuators can cause electromagnetic interference 

during MR signal acquisition, while 7T-safe versions of piezoelectric actuators are cost-prohibitive and can 

cause distortions due to eddy currents. With a pneumatic design, the active metallic components can be 

stored in the equipment room, while all of the tissue-contacting components used in the scanner room can 

therefore be made entirely of plastics. However, both acoustic wave attenuation and synchronization with 

the scanner can present an issue with this type of design due to the time delay of the acoustic waveform 

moving from the active pneumatic driver to the end-effector. 

In this Aim, we will build and validate two types of MRE actuators. In the first part of this Aim, 

we will design, build, and validate a 7T-compatible convertible pneumatic actuator to applying distributed 

vibration to both human and phantom. The phantom MRE will be used for amplitude, frequency, and 

sequence integration validation, as well as validation of the basic viscoelastic inversion algorithm use to 

calculate stiffness. Subsequently, 5-10 healthy human test MRE scans will be performed with the device to 

create the optimal end effector (pillow) design for both vibration application and patient comfort.  

3.2 MRE Actuator Review 

When performing MRE on any tissue type, harmonic vibration must be induced in the tissue in 

synchronization with the motion encoding gradient (MEG)1,41. This process requires a type of harmonic 

actuator that can be used to actuate tissue inside the MRI machine. Therefore, this actuator must be magnetic 

resonance (MR) compatible, or at least the part of the driver unit that is used inside the scanner room should 

be MR compatible. In general, there are three main categories of actuators. First, there are indirect actuators 
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that use an active driver outside of the scanner room and a passive driver inside the scanner30,39,53–58. In this 

type of actuator, usually pneumatic, an active driver that generates the vibration is placed in the control 

room as opposed to in the scanner room, and a passive driver is placed inside the scanner, in contact with 

the tissue of interest30,39,53–58. A long rod or tube is then used to transmit the vibration from the active driver 

to the passive driver30,39,53–58. The Resoundant, a pneumatic MRE device, is used by clinicians to diagnose 

liver fibrosis without a tissue biopsy 59. The passive component of this device has also been altered in 

various studies investigating the human brain and phantoms17,30,60,61. To the best of our knowledge, this is 

the only commercially available MRE actuator and has been extensively tested in various studies across 

different organ systems3,62. The advantage of using a pneumatic actuator is that custom built versions are 

inexpensive and have a simple design, and pneumatic actuators in general allow for precise control with 

good MR compatibility of the passive driver39. However, these designs typically have phase lag and 

therefore difficulties in synchronization control due to the long transmission tubes or rods necessary to 

transmit vibration63. These are typically the designs used for brain MRE due to their versatility and ability 

to produce large enough actuation amplitude16,30,54. 

A second category of actuator takes advantage of the static magnetic field by using an 

electromagnetic coil/coil(s) to induce vibration. Current passing through an electromagnetic coil results in 

an oscillating magnetic field. Based on Lorentz Law, if the surface normal vector of the coil is perpendicular 

to the static magnetic field of the MRI machine, a rotary motion is generated64. This rotary motion is then 

transferred to the tissue using some type of vibration pad or bite-bar (for brain MRE)64–69. This type of 

design is inexpensive as well, and can be manufactured using standard metal machining equipment3. Also, 

a wide range of frequencies and displacements can be produced by changing the thickness of wire, amount 

of current, number of coils, and radius of coils64. However, this design is not commonly used anymore and, 

generally, the application of this design is limited due to the MRI safety challenges associated with its 

metallic structure. Two main drawbacks are also that the coil is mostly inflexible in terms of positioning, 

and the induced magnetic field can potentially cause artifacts in the image3. The third category of actuator 
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category uses an active vibrational component that directly interfaces with the tissue, as opposed to the 

previous two categories where the active component is a distance away from the tissue and relies on a rod, 

pad, or pillow to transmit vibration over a distance. For this type of actuator, the entire unit has to be MR 

compatible and small enough to attach to the tissue of interest. The units are usually driven by air pressure 

or piezoelectric crystals70–80. The main drawback for this type of device is that they are usually quite bulky 

and have difficulty in attaching to the tissue of interest3. Typically, this type of actuator, particularly the 

piezoelectric actuators, are more commonly used for MRE of small animals or phantoms 74–80. 

Table 3.2.1. Three main categories of actuators used in MRE, and their advantages and disadvantages1 

 

The mechanical actuator used in the paper by Sack et al. 2008 used a commercial loudspeaker as 

an active driver with a carbon fiber rod coupled to the center of the flexible loudspeaker membrane.6 The 

carbon fiber rod was attached to a pin joint on top of a passive driver head-rocker unit that would encircle 

the head of the patient or head phantom.6 The loudspeaker was triggered to output at a specific frequency 

by a waveform generator, which was triggered in sequence with the MEG.6 This active driver unit was 

placed outside the scanner room as the commercial loudspeaker and waveform generator are not MR 

compatible.6 So, while this actuation setup was relatively inexpensive and had appropriate frequency ranges 

with acceptable displacements, the long rod (2-3m) induced phase lag in actuation leading to difficulty in 

synchronization.6 This model of actuation is very common in performing MRE on brain tissue. 

Actuator Type Indirect Actuation Electromagnetic Coil Direct Actuation 

Features Actuator transmitted from 

system outside scanner 

room through pneumatic 

mechanism or long rod 

Current passes through 

coil placed inside the 

scanner and rotary motion 

is induced 

Actuation system near 

image of interest inside of 

scanner 

Advantages Simple and inexpensive 

design and allows for 

precise control with good 

MR compatibility 

Inexpensive and simple 

design, and allows for 

wide range of frequencies 

and large displacements 

End effector is fully MR 

compatible 

Disadvantages Phase lag and potential 

difficulties in 

synchronization control 

Inflexible in terms of 

device position and can 

cause artifacts 

Difficulty in attaching to 

tissue  
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In Lewa et al.’s paper regarding MRE on a phantom gel, a commercial vibration unit was used to 

induce vibration in a plexiglass rod which transmitted the vibrations to the phantom.10 Again, the active 

vibration unit was placed outside of the scanner room due to poor MR compatibility.10 So, while the 

commercial vibration unit offered a large frequency range, the permanent magnet makes the unit 

inappropriate for use in an MRI machine.10 Bishop et al. offered a design using a compression piston to 

convert rotary motion to linear motion in order to actuate a tissue/phantom with precise control and good 

MR compatibility.11 However, this design had a limited frequency and amplitude range, so this type of 

actuator is not typically used in brain MRE.11 

Another design using a loudspeaker as an active driver is seen in a study by Latta et al. Two active 

subwoofers that were modified with airtight acrylic lids were used as a source of air pressure.12 Acoustic 

waves were delivered through tubes from the acrylic lids to passive drivers made from firm plastic 

containers.12 The use of two loudspeakers and two plastic containers, one on either side of the head, 

produced a side-to-side rocking motion at varying frequencies.12 The waveform generator driving the 

loudspeaker was triggered by the MRE pulse sequence, so this design allowed for good synchronization 

and therefore good potential for use as an actuator for brain MRE.12 However, there was limited amplitude 

due to the compressibility of air and the size of the loudspeaker used.12 

Feng et al. built a custom vibration control module consisting of a function generator and power 

amplifier.13 The signal generator was triggered via the MR scanner to transmit current to an electromagnetic 

actuator.13 The actuation unit comprised of a coil wired so its axial direction was perpendicular to the static 

magnetic field and a bar with a vibration pad to be adjust to the tissue of interest.13 This design was used 

for a phantom gel, the brain, and the liver.13 Benefits of this design include a simple deign, a wide range of 

frequencies, and a large range of displacements.13 However, there were still limited placements because of 

necessary positioning of the coil and had the potential to induce artifacts due to the induced magnetic field.13 

A second design using an electromagnetic coil was implemented by Braun et al., where instead of using a 

pillow to induce actuation in a tissue, a bite-bar was used.14 This design was specific to brain MRE and 
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featured the same easy synchronization as the other electromagnetic actuator design.14 However, the bite 

bar limited how deeply the vibration penetrated the brain tissue, and again, potentially induced artifacts due 

to the induced magnetic field.14 

A direct actuation approach was used by Tse et al., where a stack of piezoelectric disks was used 

to induce actuation.15 The piezoelectric disks converted an electrical signal to mechanical actuation, and 

therefore had high accuracy, a fast response time, and were able to produce large forces.15 However, 

piezoelectric crystals do not produce large displacements, which is why a long stack was needed.15 Even 

with the large stack, the final tissue displacement was very small and therefore is not useful in brain MRE.15 

A novel design by Numano et al. also produced direct actuation of the tissue of interest through a rotational 

imbalance in a unit attached to the patient/phantom model.16 Compressed air flowed through a tube 

connector to a chamber inside of the actuation unit.16 This compressed air rotated a ball inside of this circular 

chamber, which induced vibration due to centrifugal force dependent on the weight and size of the internal 

ball.16 An optical-fiber sensor sender/receiver used to track the motion of the ball was used to synchronize 

the vibration with the MRI machine.16 This design is completely MR compatible, and the displacement and 

frequency can be changed with the weight of the ball, the size of the ball, and airflow.16 However, there 

was difficulty in attaching this unit to the tissue of interest and therefore it would be difficult to use this 

design for brain MRE.16 

Table 3.2.2. Summary of MRE actuators and their advantages and disadvantages 

Actuator Features Advantages Disadvantages 

Loudspeaker with 

long transmission6 

(Sack et al. 2008) 

Loudspeaker outside scanner 

room provides vibration to a 

passive driver inside scanner 

Simple and 

inexpensive, frequency 

range appropriate for 

brain MRE 

Phase lag in motion, 

difficulty in 

synchronization, 

high bandwidth 

difficult 

Electromagnetic 

vibration 

generator10 (Lewa 

et al. 2000) 

Vibration generator placed 

outside scanner room, long 

plexiglass rod to transmit 

vibrations 

Large range of potential 

frequencies, 

commercially available 

Contains a 

permanent magnet, 

so bad MR 

compatibility 

Ultrasound 

Motor11 (Bishop et 

al. 2000) 

Compression piston used to 

convert rotary motion to 

linear motion 

Precise control, good 

MR compatibility 

Limited frequency 

and amplitude range 
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Pneumatic 

Actuator12 (Latta 

et al. 2011) 

Active subwoofers with 

acrylic lids over speakers 

create source of air pressure 

and delivers acoustic wave 

vibrations through tubes 

Function generator 

triggered by MRE pulse 

sequence, so good 

synchronization 

Limited amplitude 

due to 

compressibility of 

air 

Electromagnetic 

Coil13 (Feng et al. 

2018) 

Torque acts on the coil of 

wire due to the static 

magnetic field, placed 

directly on the patient 

Simple and inexpensive 

design, wide range of 

frequencies and 

displacements 

Single direction of 

vibration, limited 

positioning, can 

induce artifacts 

Electromagnetic 

Bite Bar14 

(Braun et al. 2014) 

Similar design to 

electromagnetic actuator 

design, but uses a bite bar 

instead of vibration pad 

Easy synchronization 

via function generator, 

design specific to brain 

MRE 

Bite bar limits how 

deeply vibrations 

penetrate brain 

tissue 

Piezoelectric 

Stack15 

(Tse et al. 2011) 

Piezoelectric material 

converts electrical energy to 

mechanical motion and is 

placed directly on the patient 

High accuracy, fast 

response, and high 

force production 

Very small 

displacement, so a 

long stack is needed, 

which is why it isn’t 

typically used in 

brain MRE 

Air Ball-Actuator16 

(Numano et al. 

2013) 

Compressed air flows through 

the tube connector and rotates 

internal ball, centrifugal force 

generates vibration, optical-

fiber sensor sender/receiver 

Force can be changed 

with weight and 

dimensions of the ball, 

RPM controlled by 

airflow 

Difficulty in 

securing connection 

to the tissue 

 

3.3 Pneumatic Actuator Design and Testing 

In MRE, mechanical waves generated by the actuator, usually transmitted in a burst of specified 

duration, must be synchronized with the MR signal excitation39. The vibration frequency, dependent on the 

application, is generally in the range of 40-120Hz. In order to perform MRE at 7T, however, a novel actuator 

that is ultra-high field compatible and approved needs to be developed and validated due to the size, 

material, and T2 relaxation constraints imposed by moving to 7T. Additionally, because the actuator must 

be used in an ultra-high field MR setting, the tissue-contacting portion of the actuator must contain only 

ultra-high MR-safe materials. Common electromagnetic and piezoelectric actuators are inherently made of 

metals and may not be ultra-high field MR-safe. Specifically, electromagnetic actuators can cause 

electromagnetic interference during MR signal acquisition, while 7T-safe versions of piezoelectric 

actuators are cost-prohibitive and can cause distortions due to eddy currents. With a pneumatic design, the 

active metallic components can be stored in the equipment room, while all the tissue contacting components 
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used in the scanner room can therefore be made entirely of plastics. However, both acoustic wave 

attenuation and synchronization with the scanner can present an issue with this type of design due to the 

time delay of the acoustic waveform moving from the active pneumatic driver to the end-effector. 

Therefore, the purpose of this sub-objective is to develop a 7T MR high field-compatible actuator for MRE 

data acquisition, quantify the frequency response of the actuator using laser doppler vibrometry, and 

perform 3T and 7T validation scans on a phantom of known mechanical properties and the human brain.  

This MRE actuator can be used at multiple field strengths to provide distributed vibration at the surface of 

the phantom or human brain, but the end effect is able to be modified for various tissue types. 

 

Figure 3.3.1. a)3000W Class-D Amplifier on top of the modified subwoofer, and b) high air pressure 

tubing carrying air pressure waves from the modified subwoofer cone encased in acrylic. 

 

The original proposed pneumatic actuator design consists of a modified dual 12” cone subwoofer (MTX 

1200 W max, 2 Ohm impedance) as an active driver to provide harmonic vibration in the form of pressure 

waves through flexible PVC tubing (1” ID, 1-¼” OD) to a pillow-like passive driver as the tissue-contacting 

end effector. Both cones have acrylic sheets mounted to the front with custom hose attachments to direct 

the acoustic haves into the tubing and to the passive driver. The original passive driver is constructed from 

heat-sealed polyurethane and compressible foam. The modified subwoofer is driven by a function generator 

(RIGOL DG-1022) through a Class-D audio amplifier (300W), which provides a harmonic signal to the 

active driver (Figure 3.3.1). A TTL signal is output from the MRI scanner prior to each acquisition cycle 

to the function generator, which triggers the function generator to output the specified harmonic signal to 

the subwoofer, ensuring that the vibration is in sync with the MRE sequence.  
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Figure 3.3.2. a) Full laser doppler vibrometry setup for frequency response testing of the original MRE 

actuator design, b) the actuator full active driver setup with labeled components, c) the pillow and 

reflective square for measuring end effector vibration, and d) messing the amplitude and time delay 

between signal output and pillow vibration. 

 

 To both evaluate the vibration amplitude and to address the time delay from the active driver to the 

passive driver and the frequency response of the actuator, a laser doppler vibrometer (LDV) was used to 

capture the harmonic motion of the passive driver (Figure 3.3.2a,b). A small square of reflective material 

was attached to the center of the passive driver, and the laser was aligned with the square (Figure 3.3.2c). 

Both the output of the LDV and the signal generator driving the modified subwoofer were visualized in an 

oscilloscope, and both the amplitude of vibration of the pillow and the time delay (ms) between the peaks 

were measured for driving frequencies 50-100 Hz (5 Hz increments) (Figure 3.3.2d). These data were then 

phase-unwrapped, and a linear regression was developed to qualify the time delay as a function of driving 

frequency to be used in that driving frequency range37. 

Following the results of the initial validation tests, multiple changes were made to the actuator 

setup. First, the 300 W amplifier was replaced with a 3000 W amplifier to directly increase vibration 

amplitude. Next, the soft PVC tubing was replaced with harder, high pressure rubber tubing of smaller 

diameter (¾” ID) to reduce vibration dampening from the output of the subwoofer cone to the end-effector. 
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Additionally, Y- and T-connectors for the tubing were found to greatly contribute to the vibration 

dampening, so only one speaker cone was used to provide vibration instead of two.  

3.3.1 3T and 7T Phantom MRE Validation 

This new configuration was validated during multiple phantom test scans at both 3T and 7T. To 

validate that the actuator functioned as intended during MRE, a custom silicone MRE phantom (CIRS 049) 

of dimensions 21.0  15.0  10.7 cm was acquired with a background young’s modulus of 5±1 kPa 

(1.67±0.33 kPa shear modulus) and spherical inclusions of 3±1 kPa, 8±1.5 kP a, 12±2 kPa, and 20±2 kPa 

(1±0.33 kPa, 2.67±0.5 kPa, 4±0.67 kPa, and 6.67±0.67 kPa shear modulus respectively). 3T MRE scan was 

performed using the original end effector, with 2.5 mm isotropic resolution and 48 slices at 50 Hz vibration 

frequency. This was performed inside of a 3T Siemens Skyra scanner with a 16-channel head coil (Siemens 

Healthineers). Experiments were also performed on a 7T whole-body MRI scanner (Magnetom 7T, Siemens 

Healthineers, Germany) equipped with a 70 mT/m gradient coil and a 32-channel head coil (Nova Medical, 

Wakefield, MA). The modified single-shot multi-slice spin-echo 2D-EPI based sequence (Fig. 3.3.1.2) was 

designed to acquire MRE data using phase shifted bipolar or trapezoidal flow-compensated motion-

encoding gradients (MEGs) synchronized with the acoustic actuator by TTL triggering. The imaging 

parameters were optimized for 1.1mm isotropic resolution and allowed to acquire 40 transversal slices 

covering the superior part of the brain with a matrix size of 210  210, echo spacing 0.83 msec, in-plane 

acceleration GRAPPA=3, TE=65 msec, TR=5600 msec and anterior to posterior (A-P) phase-encoding 

direction. MRE imaging was performed at 50Hz vibration frequency with eight acquisitions or phase offsets 

over one wave cycle and three orthogonal motion encoding gradients36.  
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Figure 3.3.1.1: Custom CIRS 049 Phantom with inclusions of 10mm and 20mm diameter. Vibration of 

specified amplitude and frequency is applied to the top surface of the phantom as shown on the left 

 

The same CIRS phantom was then scanned using this 50 Hz MRE protocol at 2.5 mm, 1.7 mm, 1.3 

mm, and 1.1 mm resolutions. This data set was used to quantitatively compare stiffnesses between 

resolutions and field strengths. Additionally, because filtering parameters can have an effect on stiffness, 

this data set was used to determine appropriate filtering parameters for these resolutions, as wider filter 

windows are required for higher resolution scans to overcome increasing shear wave phase mismatch 

between slices. Maps of the absolute value of the complex shear modulus (|G*|) of the phantom’s cross 

section were obtained using an in-house direction inversion algorithm using equations (17) and (18), and 

the mean of each |G*| map of five homogeneous slices per scan (2.5 mm at 3T, and 2.5 mm, 1.7 mm, 1.3 

mm, and 1.1 mm at 7T) were compared both visually and using a one-way ANOVA with a post-hoc Tukey 

test to compare between these five groups. Due to plans to use this MRE actuator at multiple frequencies, 

we performed MRE on the same CIRS phantom, collecting 40 slices at 1.1 mm isotropic resolution with a 

GRAPPA of 3 and 8 phase offsets. These experiments were performed at 30-80 Hz at 10 Hz intervals with 

the parameters as shown in Table 3.3.1.1.  

Table 3.3.1.1: MRE Parameters for Each Frequency 

Frequency (Hz) Echo Time (TE, ms) Total TR for 40 Slices (ms) Vibration Cycles/TR 

30 90 6667 5 

40 74 6000 6 

50 65 5600 7 

60 65 6000 9 

70 65 5715 10 

80 65 5500 11 
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For processing MRE acquisitions, the difference was taken between two phase images acquired 

with opposite encoding directions, and the phase difference images were then curl filtered to remove the 

longitudinal wave component. We then performed a Fourier decomposition to extract the main harmonic, 

and we applied a quartic smoothing kerned with the kerned window scaled based on resolution, previously 

validated with phantom studies. Finally, we calculated loss and storage modulus (elastograms) using the 

in-house direct inversion methods using equations (17) and (18). 

 

Figure 3.3.1.2: Custom single-shot multi-slice spin-echo 2D-EPI based 7T MRE sequence with 3-D 

motion encoding gradients (MEGs) 

 

3.3.2 Human MRE Validation 

The human end-effector design was also modified multiple times to provide higher vibration 

amplitudes, as well as subject comfort, as the initial design compressed under the weight of the subject’s 

head and did not provide sufficient vibration. MRE was performed at both 3T and 7T on multiple human 

subject to investigate the different human brain end effectors. The new human end-effector designs were 

3-D printed using TPU filament material. Multiple pillow designs were manufactured and tested for both 

effective, even, vibration application and patient comfort, resulting in the final design that matches the 

shape of the head coil without any sharp ridges, and thin enough to allow us to scan a diverse patient 

population (Figure 3.4.2.1). The size and shape are dependent on the head coil, and due to challenges with 

the head coil size at 7T MRI scanners, our pillow design required several iterations, but the same design 
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issues arise for many multi-channel head coils. The initial pillow design did not provide sufficient vibration, 

while the second pillow design provided enough vibration but was not comfortable to lay on for the duration 

of the scan. The third pillow design also provided sufficient vibration but was not fully comfortable due to 

the ridge in the back. This design was also too thick to allow us to scan a diverse patient population. The 

fourth design initially did not provide sufficient vibration due to the pillow compressing under the weight 

of the head, however, by adding soft supports to the inside of the pillow where the head rests, the pillow 

was both comfortable and provided sufficient vibration. Due to concerns about uneven application of 

vibration, a modification to the inlet to make it central resulted in the final pillow design. 

Using the final end-effector and the same 7T scanner and head coil as previously described, we 

performed full and partial brain coverage MRE on 3 subjects over 7 scanning sessions at 50Hz with 

TR/slice=140 ms and TE=65 ms at 2.5 mm (n=1, GRAPPA=2), 1.7 mm (n=1, GRAPPA=2), 1.3 mm (n=3, 

GRAPPA=3), and 1.1 mm (n=6, GRAPPA=3, Partial Fourier=7/8) isotropic resolutions and 8 phase offsets. 

We also performed full brain coverage MRE on the same 3 subjects at 2.5 mm isotropic resolution at 50 

Hz using a 64-channel head coil on a 3T Siemens Prisma scanner (TE = 70 ms, TR = 5600 ms). These 

experiments were not only used to validate the MRE actuator, but also preliminarily validate our sequence 

parameters, the move from 3T to 7T, and our post-processing procedure on the human brain. This data was 

also used to determine areas for improvement for our post-processing procedure. We also performed 

preliminary testing at 40, 60, and 80 Hz on one healthy human subject using the same 7T scanner and head 

coil as previously described, the same MRE parameters listed in Table 3.3.1.1, and using the finalized 

custom pneumatic actuator. All data were processed using the in-house direct inversion method described 

in the previous section. 

3.4 Pneumatic Actuator Results and Discussion 

3.4.1 Phantom Results and Discussion 

The linear regression developed from the LDV testing (Fig. 3.4.1.1) to calculate time delay from 

trigger signal to pillow movement, where f is the driving frequency and n is any positive integer as shown 

in equation 1. The R2 value of this linear regression is 0.9986. The peak-to-peak amplitude of the initial 
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actuator design ranged from 0.6 mm to 0.3 mm dependent on the frequency of actuation. Shear wave 

propagation from the initial MRE scan at 3T is shown in Figure 3.4.2.1 in units of mm/mm.  

𝑡𝑖𝑚𝑒⁡𝑑𝑒𝑙𝑎𝑦 =
0.3565𝑓−29.882

2𝜋𝑓
−

𝑛

𝑓
 (25) 

These initial MRE results as well as the amplitude measurements from the LDV study prompted the switch 

to both the more powerful 3000W amplifier and to the new tubing and end-effector design(s). 

 

Figure 3.4.1.1: LDV testing time delay linear regression 

 

Using the results from the second 3T MRE scan (at 2.5 mm resolution) that utilized the 3000 W 

amplifier and the original end effector design, the average |G*| estimates of the background of the phantom 

(measuring five homogeneous slices) is 1.430±0.023 kPa (Figure 3.4.1.2). This shear stiffness value is 

within the specification range given by the phantom’s data sheet (1.333-2.000 kPa), therefore validating 

the MRE procedure (actuator and post-processing) at 3T. Evaluating the 50 Hz 7T MRE phantom scan 

results (Figure 3.4.1.2 and 3.4.1.3), the average |G*| estimates of the background of the phantom (measuring 

five homogeneous slices) were 1.425±0.006 kPa, 1.427±0.004 kPa, 1.430±0.004 kPa, and 1.423±0.010 kPa 

at 2.5 mm, 1.7 mm, 1.3 mm, and 1.1 mm respectively. All of these are within the specification range of the 

custom phantom, and comparing the five data sets each with n=5 samples, there was no significant 

difference found between any of the pairs of data sets (p>0.50). This would indicate that in a homogeneous, 

linear, material, changing neither field strength nor resolution inherently changes the calculated stiffness of 

the material being imaged with sufficient OSS-SNR (all values above 95, much greater than the accepted 
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threshold value). This investigation also allowed for the selection of appropriate filtering parameters used 

for the preliminary 7T human MRE scans.  

 

Figure 3.4.1.2: 3T MRE on silicone phantom showing wavefield propagation in each direction in 

mm/mm, and |G*| in Pascals 

 

Shear stiffness maps were successfully calculated for phantom MRE scans at all frequencies using 

a custom pneumatic actuator and custom 7T MRE sequence. Using a higher frequency was able to discern 

more detail in the custom phantom, specifically the stiff spherical inclusions (outlined in pink in Figure 

3.4.1.3). All calculated |G*| values are within the specification range of the custom phantom, which would 

be a shear stiffness between 1.333-2.000 kPa. This data was also used to determine the filter window 

necessary for quartic smoothing kernel at each frequency, as this must be scaled for wavelength to prevent 

over-smoothening of short wavelength waves. Comparing all data sets each with n=5 samples, there was 

no significant difference found between any of the pairs of data sets (p>0.50). This would indicate that in a 

homogeneous and linearly elastic material, vibration frequency does not inherently change the calculated 

|G*| of the material being imaged. Wavefield images shown at 1.1 mm resolution at all tested frequencies 

are shown in Figure 3.4.1.3. 

 

Figure 3.4.1.3: Wavefield in the x-Direction in a Central Slice of the Phantom at Each Frequency a)30 

Hz, b)40 Hz, c)50 Hz, d)60 Hz, e)70 Hz, and f)8 0Hz, Where the Pink Outline is the Location of a Stiff 

Inclusion 
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3.4.2. Human Results and Discussion 

Wave propagation in the brain was visualized with all but the first pillow design. The second two end 

effector designs, however, were rejected due to patient discomfort despite the acceptable wave propagation. 

The final end effector design was chosen over the second to last due to the single sided inlet design resulting 

in a lack of symmetrical wave propagation. These wavefields are shown in Figure 3.4.2.1, along with the 

end-effector that resulted in said wavefield. This pneumatic actuator with the final human brain end effector 

was therefore used in all other MRE investigations in this work involving MRE of the human brain. 

 

Figure 3.4.2.1. Progression of MRE End Effector Development and Resulting Brain Wavefields 

 

Using the finalized MRE actuator and human end-effector design, we successfully calculated |G*| of 

the human brain at multiple resolutions, and at both 3T and 7T (Figure 3.4.2.2)31. However, unlike the 

phantom results, changing resolution does change the apparent |G*| with a pattern that suggests a 

relationship to OSS-SNR. With increasing resolution, the OSS-SNR decreases (with no apparent difference 

between matched resolution 3T and 7T), as does apparent complex shear modulus. The average whole-

brain |G*| values were 1.994±0.082 kPa, 2.201 kPa, 2.219 kPa, 1.786±0.125 kPa, and 1.757±0.183 kPa for 

3T at 2.5mm resolution, 7T 2.5 mm, 1.7 mm, 1.3 mm, and 1.1 mm isotropic resolutions respectively, while 

the average whole-brain OSS-SNR values were 28.477±4.479, 28.277, 20.916, 8.093±1.412, and 

5.121±0.801 for 3T at 2.5 mm resolution, 7T 2.5 mm, 1.7 mm, 1.3 mm, and 1.1 mm isotropic resolutions 

respectively.  
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Figure 3.4.2.2: |G*| (kPa) Shown across all representative resolutions and field strengths in the same 

healthy human subject at a representative central slice 

 

While no conclusions can be drawn using this preliminary data, further investigation into these trends 

is warranted. Additionally, advanced reconstruction and denoising techniques are also necessary to not only 

investigate this trend, but also increase accuracy at high resolutions. Not only is there higher thermal and 

gaussian noise at higher resolutions in 7T scans, there are also artifacts present due to scanner reconstruction 

error around phase wrapping lines. This cannot be corrected with denoising or filtering techniques and 

requires post-hoc reconstruction from the raw scanner data. 

Wavefield images (Figure 3.4.2.3) and |G*| maps were also successfully generated from our 

preliminary 40, 60, and 80 Hz human MRE scans at 1.1 mm resolution. The results from our initial 

multifrequency pilot scan match the known frequency dependent (shear stiffening) behavior of the human 

brain7. More work needs to be done, however, at ensuring that vibration amplitude is the same at all 

frequencies, as increasing frequency decreases both wave amplitude in the end effector and penetration 

through the skull. This preliminary data also suffers from the same noise and scanner error concerns as the 

50 Hz 1.1 mm resolution data, and the same corrections will be performed to future multifrequency data as 

will be validated in 50 Hz data. 
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Figure 3.4.2.3: Smoothed wavefields in a central slice of the human brain at 40Hz 

 

3.5 Pneumatic Actuator Alternate Case Study: 3T MRE of the Human Lumbar Intervertebral Disc 

3.5.1 Introduction 

Chronic low back pain is the most common cause of disability in adults between 45 and 65 years old, 

affecting 70-85% of individuals over the course of their lifetime81. Isolating a single cause is difficult, and 

multiple factors may contribute to the pain, such as degenerative disc disease (DDD), facet arthropathy, 

disc herniation, spondylolysis, and muscle stiffness81. Specifically, intervertebral disc degeneration (IDD) 

is a common disorder that usually leads to pain and spine dysfunction, and can be caused by acute 

overloading or long-term repetitive intervertebral disc (IVD) mistreatment 81,82. As the disease progresses, 

the loss of disc integrity and shock absorption is thought to increase biomechanical stresses on facet joints, 

leading to heightened pain and dysfunction. 

Early detection of disc degeneration is critical for symptom management and preventative measures, as 

IDD can progress through physiological and morphological changes, resulting in alterations in tissue 

mechanical properties. However, early detection has been challenging, however, due to limited success in 

finding in-vivo imaging biomarkers for early stages of degeneration83. Additionally, the presence or severity 

of back pain does not necessarily correlate with degenerative change seen radiographically84. Despite this, 

several magnetic resonance imaging (MRI) changes have been found to be helpful in prediction of disc-

related back pain, making MRI the most commonly used imaging modality for the diagnosis of DDD and 

IDD. The current standard MRI protocol for DDD/IDD detection usually includes 2D T1-weighted and T2-

weighted structural images, as well as a short tau inversion recovery (STIR) sequence, a gradient echo 

sequence (particularly in the cervical spine), and coronal proton density-weighted 81. Disc degeneration on 
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MRI shows as a loss of T2-weighted intensity and loss of disc height. It is currently classified into 

‘Pfirrmann’ stages based on disc structure, height, and loss of distinction between the nucleus pulposus and 

annulus fibrosus85. While this imaging biomarker is noninvasive and can image internal morphology of the 

IVD, it has been reported to have both low sensitivity and high false-positive and false-negative rates86. 

Because the physiological and morphological changes resulting from disc degeneration leads to alterations 

in the tissue’s mechanical properties, magnetic resonance elastography (MRE) may be a promising imaging 

tool for the detection of IDD. Because human tissue is viscoelastic, the mechanical response of tissue is 

dependent on loading speed, or in the case of MRE, the frequency of actuation. Therefore, some studies use 

multifrequency MRE, in which the vibration is applied and encoded at different frequencies to determine 

the viscoelasticity7,23,63,79,87. The aim of this ssection is to perform multifrequency MRE on a pilot cohort to 

determine the frequency-dependent properties of the intervertebral disc, and to determine a relevant 

viscoelastic material model to determine frequency-independent parameters. 

3.5.2 Methods 

One scanning session was conducted on a 3T Siemens Prisma (Siemens Healthineers) using the integrated 

lumbar body coil was performed on six healthy volunteers (Avg. Age 25.5 ± 3.9 years). One additional 

volunteer (Age 28 years) with no current pain or ongoing treatment, but with a history of a discectomy, 

which is a surgery to remove a damaged part of an IVD, on the disc between L4 and L5 (Fig. 3.5.3.2) was 

also scanned. 

Subjects were positioned supine with legs elevated on a pad to relax the lower back muscles. The end 

effector of a custom pneumatic actuator, as described earlier and in Triolo, et al.31, was placed under the 

lower back of the volunteer, with the volunteer’s body weight holding the end effector in position 

throughout the scan (Fig. 3.5.2.1). Vibration was applied in sync with the MRE sequences though triggering 

at the beginning of each TE, and at the frequency specified in the MRE sequence (50, 80, or 100 Hz). Unlike 

previous investigations 88, applying vibration using a pneumatic actuator allows for supine positioning of 
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the eliminating the complications that result from spinal imaging of a prone volunteer during free breathing 

(i.e., the rise and fall of the spine) or the discomfort of breath-holds during a lengthy sequence.  

 

Figure 3.5.2.1. Schematic of MRE actuator and volunteer positioning inside the MRI scanner. Air 

pressure waves are generated by the active components outside the magnet room and pushed through 

semi-flexible tubing into a 3D printed TPU end effector placed under the volunteer’s lower back. 

 

A sagittal T2-weighted structural scan was performed first (TE = 95 ms, TR = 3500 ms, 0.677 × 0.677 × 

4.800 mm resolution). Subsequently, three frequencies of MRE (50, 80, and 100 Hz, 1.7 mm isotropic 

resolution, Table 3.5.2.1) were performed using an echo planar spin echo 2D-multislice pulse sequence 

with spiral readouts 89 (axial slice positioning) to investigate the mechanical properties of the IVDs between 

L3 and L4, and L4 and L5. 

Table 3.5.2.1. MRE Sequence Parameters 

Frequency 
Scanning Parameters 

TE (ms) TR (ms) GRAPPA 

50 Hz 83 ms 5600 ms 3 

80 Hz 65 ms 4522 ms 3 

100 Hz 58 ms 5800 ms 3 

 

After acquisition, we employed a Marchenko-Pastur Principal Component Analysis (MP-PCA) denoising 

algorithm to both the magnitude and phase image set using a 5 × 5 × 5 sliding block to reduce thermal and 

spatially varying noise. Then, we obtained the difference between two phase images acquired with opposite 

encoding directions. The resulting phase difference images underwent curl filtering to remove the 
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longitudinal wave component (Fig. 3.5.2.2). We then performed a Fourier decomposition to extract the 

main harmonic, and we applied a quartic smoothing kernel with the kernel window scaled based on 

resolution, previously validated with phantom studies. Finally, we calculated the magnitude of the complex 

shear modulus (|G*|) using the previously-described in-house direct inversion method using Equations (17) 

and (18) 90.  

 

Figure 3.5.2.2. Curl filtered wavefield images masked to the IVD at each vibration frequency and in 

each motion direction during MRE acquisition (normalized units, mm/mm). 

 

We also calculated OSS-SNR for each image series to ensure that the images exceeded the threshold for 

accurate viscoelastic inversion (OSS-SNR > 3.0) 91. To achieve this, we used the displacement as calculated 

during Algebraic Inversion processing (SEGUE unwrapped phase multiplied by the motion encoding 

scaling factor) before using Fourier decomposition to extract the different harmonic displacements. We 

then calculated Octahedral Shear Strain (OSS) of only the main harmonic component and the OSS of the 

sum of the other harmonic components. The ratio of the main harmonic component OSS to the OSS of the 

other harmonics is used as the OSS-SNR of the scan and data processing method. Masks for each IVD were 

manually segmented using the MRE magnitude images and T2-weighted structural image. These masks 

were used to segment elastograms and OSS-SNR to calculate the average |G*| in each disc at each 

frequency. 

To determine the frequency independent parameters of the IVD, we employed four linear, viscoelastic 

models to understand which model would best approximate the behavior of the IVD 7. We performed spatial 

averaging of the loss and storage modulus over each IVD for each subject at all three frequencies and 
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performed optimization to calculate the frequency-independent parameters using the storage and loss 

modulus averages from the six healthy individuals. 

3.5.3 Results 

We successfully performed multifrequency MRE of the lumbar IVDs in seven human volunteers. Despite 

the usual drop-off in vibration amplitude with increasing frequency, the data exceeded the OSS-SNR 

threshold for accurate viscoelastic inversion in the IVDs of all subjects at all frequencies of actuation. The 

average |G*| in the IVDs of the six healthy volunteers at each frequency were calculated and are shown in 

Table 3.5.3.1, and are depicted as a function of frequency with a comparison to the subject with the history 

of a discectomy in Figs. 3.5.3.1 and 3.5.4.1. As has been observed in most human tissue, the apparent |G*| 

in the IVD increases with vibration frequency. The average |G*| of the healthy IVD here is in a similar 

range as a previous investigation with similar vibration frequencies 92. We can also observe that the |G*| of 

the IVD between L3 and L4 is slightly stiffer than the IVD between L4 and L5. 

 

Figure 3.5.3.1. Average frequency dependent G’ (red) and G” (blue) in the IVDs between L4 and L5 in 

the six healthy volunteers (with shaded error bars) and the one volunteer with a history of a discectomy 

(line only). 

From Figs. 3.5.3.1. and 3.5.3.2, we see that the IVD with degeneration has a lower |G*|, G’, and G” than a 

healthy IVD. The IVD with degeneration also appears compressed, shown in the T2-weighted structural 

scan (Figure 3.5.3.2). The difference in |G*|, G’, and G” between a healthy and degenerated disc also widens 

with increasing frequency, so we therefore attempted to determine a frequency-independent mechanical 



43 

 

property to best describe the healthy IVD, as we expect the frequency-independent properties of the IVD 

to be altered during disc degeneration. 

 

Figure 3.5.3.2. |G*| at 100Hz in a healthy IVD (top) and an IVD with degeneration from a prior 

discectomy (bottom), location shown in red on the associated Sagittal T2-weighted structural scan. 

 

Table 3.5.3.1. Average |G*| Across Healthy Subjects 

IVD 
Average |G*| 

50 Hz 80 Hz 100 Hz 

L3-L4 1.43 ± 0.39 kPa 4.19 ± 0.63 kPa 6.20 ± 1.60 kPa 

L4-L5 1.28 ± 0.50 kPa 2.78 ± 0.53 kPa 5.15 ± 1.10 kPa 

Discectomya 0.88 kPa 1.43 kPa 2.58 kPa 

a. Average |G*| in only one subject with history of discectomy in L4-L5 IVD 

3.5.4 Discussion 

In this study, we obtained in-vivo measurements of the human IVD’s mechanical response at multiple 

frequencies ranging from 50 to 100 Hz. Our findings show that the Zener model may best represent the 

IVD’s frequency-dependent mechanical response, with a µ1 of 1800 ± 213 Pa, µ2 of 3186 ± 1116 Pa, and η 

of 4.61 ± 1.23 Pa·s. While we only have one subject with disc degeneration, we expect these frequency-

independent material properties to change over the course of disc degeneration. While there has been 

previous evidence in the literature regarding the clinical advantage of using a multifrequency MRE protocol 

on various other human tissues, this is the first investigation applying this principle to the intervertebral 

disc. 
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Figure 3.5.4.1. Linear viscoelastic material model fits for G’ (red) and G” (blue) for the IVD between 

the L3 and L4 

 

Additionally, due to the application of mechanical vibration in a distributed manner to the lumbar region of 

the lower back, this technique and hardware setup has the potential to be utilized to investigate the 

mechanical properties of multiple lumbar structures simultaneously. As stated previously, the cause of 

chronic back pain is difficult to isolate to a single cause and may even been due to multiple factors. For 

example, lumbar back pain specifically may be caused by changes in lumbar muscle stiffness. The shear 

waves generated by the pneumatic actuator are distributed and have a high enough amplitude to penetrate 

the IVD and the surrounding musculature at the same time. This therefore would allow for the investigation 

of the mechanical properties of multiple structures concurrently, potentially allowing for better pinpointing 

the cause(s) of back pain with a short, non-invasive, scanning session. 

One limitation of this study was that the frequency range was low for the size of the target tissue. 50 Hz is 

a relatively long wavelength for the size of the IVD, so it may be useful in the future to extend the 

multifrequency range to higher frequencies for investigating the IVD. A larger number of frequencies in 

the imaging protocol would also help in the accuracy of our mechanical model optimization problem. 

Additionally, this pilot study had a small sample size, and a larger number of volunteers should be recruited 
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for more accurate material modeling of healthy IVD, and to better determine the difference between 

degenerated and healthy IVD. Ideally, we would also recruit subjects with varying stages of IDD or DDD 

as specified by Pfirrmann, et al. 85 

3.8 Conclusion 

A custom pneumatic MRE actuator and 7T multi-slice MRE sequence with motion encoding 

gradients capable of producing high resolution MRE elastograms of the human brain and lumbar spine were 

developed, and MRE was performed on both a validation phantom and multiple healthy human subjects. 

Through validation scans at both 3T and 7T at various resolutions, we determined that performing MRE at 

high resolution and high field strength does not inherently change the wavelength-based stiffness estimate 

of a linear isotropic material. Additionally, shear wavefield propagation was visualized at high resolution 

in preliminary human data, resulting in successfully generated elastograms of the human brain. Further 

investigation is needed to reduce noise and scanner artifacts in high resolution 7T scans, as well as to 

determine the relationship between noise, complex shear stiffness, and resolution. This pneumatic actuator 

will be used in all future human brain MRE investigations. 
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Chapter 4: Validation of High Resolution and Ultra-High Field Strength MRE on Shear 

Stiffness Reconstruction of the Human Brain Using Direct Inversion 

4.1. Introduction 

Performing MRE on brain tissue can provide information on different structures within brain tissue 

based on their mechanical properties, such as cell density, myelination, inflammation, and vascular density. 

These mechanical parameters can then be used to diagnose pathologies such as multiple sclerosis (MS), 

Alzheimer’s disease, and Parkinson’s disease, or indicate disease progression10,22,23. One of the current 

limitations, however, of performing MRE on brain tissue is the coarse resolution, leading to the lack of 

specificity in determining microstructural changes that result in these changes in viscoelastic parameters. 

While there are multiple methods of potentially tackling this issue, moving from conventional field 

strengths (1.5T or 3T) to the ultra-high field strength, 7T, is an attractive option as human 7T scanners have 

an increasing availability. 

Compared to 3T scans, 7T has much greater sensitivity, and inherently increased signal to noise 

ratio (SNR) and spatial resolution47. While SNR theoretically scales with field strength, 7T MRE suffers 

from Bo and B1 inhomogeneities that need to be addressed with shimming and reference volume collection.  

Additionally, at higher magnetic field strengths relaxation effects occur faster resulting in a decreased 

apparent T2 (T2*) value for tissue, and therefore requiring a smaller TE to better match the T2* and reduce 

signal dropout. This presents a unique challenge in MRE, as the length of the echo time is longer than most 

other MRI sequences in order to accommodate the additional motion encoding gradient (MEG), leading to 

SNR and amplitude degradation in MRE more than other 7T sequences. Due to these challenges and the 

current novelty of 7T human MRI scanners, there have only been a handful of studies investigating 7T 

MRE. The first published study performing 7T MRE of the human brain was a single-subject feasibility 

study comparing MRE at 1.5T to MRE at the same resolution at 7T for partial brain coverage68. While this 

study proved the feasibility of MRE at 7T, it failed to show increased SNR or increased resolution at 7T. 

This was attributed to more pronounced susceptibility artifacts and greater T2* spatial variation and signal 

decay. The following 7T MRE studies investigating the human brain were also partial-brain acquisition 
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only, and although high resolution was implemented, these studies still suffered from the same drawbacks 

(e.g., signal dropout, and distortions) as the first29. Additionally, the reported values of complex shear 

stiffness were much lower than that of other literature values. While motion corrections were successful at 

7T on the magnitude images, distortion and inhomogeneity corrections were not, and neither was motion 

correction on phase images, despite their implementation at 3T93. Subsequent investigations have also found 

potential differences in mechanical properties between 1.5T, 3T, and 7T MRE, although these studies did 

not control for resolution or include phantom validation34,35. In these most recent studies comparing 1.5T, 

3T, and 7T MRE of the human brain, MRE at 7T and 1mm resolution resulted in significantly lower 

stiffness values than MRE at 1.5T and 3T at 2 mm resolution34,35. However, one study indicated that when 

down sampled to 2 mm, the 7T MRE results matched the traditional MRE field strength results, but in a 

second study, the difference remained34,35.  

Despite these challenges, 7T MRE has shown promise in more recent pilot studies as a method of 

obtaining high resolution quantitative viscoelastic parameters of the human brain. At conventional field 

strengths, MRE has been shown to be sensitive to changes in brain viscoelasticity due to healthy brain 

development and aging, as well as changes due to neurodegenerative disease such as Multiple Sclerosis, 

Parkinson’s Disease, progressive supranuclear palsy, dementia, and Alzheimer’s disease10,22,23. By 

exploiting the high spatial resolution possible at 7T, we can potentially increase this sensitivity to show 

more subtle changes viscoelasticity and pinpoint changes in smaller brain sub-structures. However, as 

mentioned previously, aiming for higher resolution scans of the human brain at 7T, MRE presents unique 

challenges of decreased signal-to-noise ratio (SNR) and lower shear wave motion sensitivity. Additionally, 

it has been shown that quantitative values of MRE, i.e., the magnitude of the complex shear modulus 

estimate (|G*|), are sensitive to changes in SNR32, so 7T MRE can present a challenge of not only quality, 

but accuracy. While applying commonly-used filtering techniques (e.g., Gaussian, Median, Wavelet 

Thresholding, RER, directional filtering)94–100 to MRE phase data can increase SNR (to combat low SNR 
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in high-resolution scans), this can also blur fine physiological features, decrease the effective resolution33, 

resulting in artificially increased |G*|32. 

Another complication at 7T, particularly at high resolution, is image reconstruction error along 

phase wrapping lines when using scanner-reconstructed images. While advanced reconstruction options are 

available on some MRI scanners, they are not optimized for reconstructing phase images. Millimeter or 

sub-millimeter EPI using conventional reconstruction algorithms introduces irregularities and wrapping 

effects in the phase images that can bias the MRE inversion reconstruction. In order to be more 

advantageous than 3T MRE and provide accurate stiffness values for brain tissue at high resolution, the 7T 

MRE images collected must have sufficient amplitude of the motion encoded, be reconstructed from the 

Fourier space in an accurate manner to remove irregularities, and denoised without over-smoothening and 

losing anatomical structure. 

In the past, we have shown that changes in resolution and field strength do not inherently change 

the value of |G*| in a linear elastic phantom (Chapter 3)36,37. However, MRE of phantoms typically have 

very high SNR, even at high resolutions, so this decrease in SNR as resolution increases may not have a 

large effect on scans with inherently high SNR. For MRE of the human brain however, SNR drastically 

drops with increasing resolution, very likely causing an artificially low |G*| calculation. While the 

preliminary results show an overall strong correlation between |G*| and OSS-SNR regardless of field 

strength and resolution, these initial analyses also indicate a more complex relationship when taking 

resolution into account that require a greater number of replicates. Due to this potential relationship 

described above, it is hypothesized that a different distribution of features is being captured at high 

resolution compared to those captured at low resolution.  

In this Chapter, we have three main goals: (1) to demonstrate and validate the use and accuracy of 

7T MRE at multiple high resolutions, using the advanced post-processing techniques of MP-PCA denoising 

and Gadgetron advanced image reconstruction, to accurately calculate the viscoelastic properties of the 

human brain and validation phantom using a direct inversion method, (2) to compare the results of matched-
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resolution 3T and 7T MRE and determine the correlation between |G*| and OSS-SNR regardless of field 

strength, resolution and processing technique, and (3) to investigate the frequency dependence of the 

mechanical properties of the human brain in-vivo by performing multifrequency MRE of the healthy human 

brain at 7T. 

4.2. Methods 

4.2.1 7T MRE Sequence Parameter Optimization 

 Theoretically, SNR scales with field strength in MR imaging with the relationship SNRBo, and 

the resolution is approximately 1/n0.33 when Bo is increased by a factor of n48. The resolution can be even 

greater increased using different gradients and specialized sequences. However, despite the theoretical 

linear relationship between SNR and field strength, a linear increase is unattainable due to changing tissue 

relaxation and increased magnetic field inhomogeneities. Bo inhomogeneity directly scales with field 

strength, which leads to distortion in both the shape and intensity of images. This inhomogeneity reduces 

SNR, but can be combatted using decreased voxel volumes, shimming, and collecting reference volumes 

in opposite phase encoding directions so the distortions are in opposite directions and can be filtered out51. 

B1 inhomogeneity also increases with field strength47, as the B1 operating wavelength gets closer to the 

diameter of the tissue of interest (in this case the human head) as Bo increases49. This results in decreased 

B1 strength at the periphery of the tissue compared to the center, with peripheral B1 being 42% lower than 

central B1 49. This leads to changes in contrast and signal drop-out across the image, and conventional pulse 

sequences are particularly susceptible to this B1 inhomogeneity.  

As mentioned previously, in addition to increased Bo and B1 inhomogeneities, at higher magnetic 

field strengths, relaxation effects occur faster, resulting in a decreased apparent T2 (T2*) value49. For 

example, for the gray matter in the brain, while T2* at 3T is 66 ms, at 7T, T2* is only 33.2 ms50. For example, 

the scaling of T2* for subcortical gray matter can be approximated as T2*=1/(7+3.5xBo)51. This results in a 

unique problem not addressed at conventional field strengths, and that is making the TE of a sequence close 

enough to the T2 or T2* value to preserve SNR and signal amplitude. Long echo times make a sequence 

more sensitive to signal relaxation, resulting in lower SNR. In general, for MRI sequences, as described 
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through equations (23) and (24) in Section 2.5. Therefore, a larger TE compared to the relaxation constant 

results in both lower SNR and lower signal amplitude. However, in MRE, the length of the echo time is 

longer than most other MRI sequences in order to accommodate the MEG, leading to SNR and amplitude 

degradation in MRE more than other 7T sequences. An echo-planar imaging (EPI) pulse sequence is useful 

for such an application because it can acquire a necessary volume of data with short acquisition times.  

 

Figure 4.2.1.1. Custom 7T MR Elastography sequence diagram with bipolar MEGs applied consecutively 

on frequency, phase and slice encoding directions. 

 

The modified single-shot multi-slice spin-echo 2D-EPI based sequence (pulse sequence diagram is 

shown below) was designed to acquire MRE data using phase shifted bipolar or trapezoidal flow-

compensated motion-encoding gradients (MEGs) synchronized with the acoustic actuator by TTL 

triggering. Additionally, we used acceleration techniques such as GRAPPA and partial Fourier to decrease 

our TE over the course of sequence development from 100 ms to 65 ms to decrease signal dropout. We also 

investigated the difference between bipolar motion encoding gradients and flow-compensated motion 

encoding gradients. The switch to flow-compensated motion encoding gradients from bipolar resulted in 

more symmetric encoding of wave propagation and therefore complex shear stiffness estimates. 
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4.2.2 MP-PCA Denoising 

We increase the SNR of our MRE acquisition without compromising the anatomical accuracy and spatial 

resolution by utilizing a Marchenko-Pastur Principal Component Analysis (MP-PCA) denoising algorithm 

(initially developed for diffusion MRI)33. In this technique, we are exploiting the intrinsic redundancies in 

MRE acquisition to identify and remove noise-only principal components33. Specifically, we can exploit 

the redundancies in slice acquisition (as in 48 acquisitions per slice) and the universal properties of the 

eigenspectrum of random covariance matrices, the non-gaussian noise-only principal components can be 

identified and removed. In general, a redundant data matrix can be synthesized by a combination of 

principal components/linearly independent sources. By doing singular value decomposition of our 

redundant data matrix, we can obtain our eigenvalues of this data matrix. In agreement with the random 

matrix theory for noisy covariance matrices, a number of the smallest nonzero eigenvalues, corresponding 

to the size of the matrix and the number of linearly independent sources, are described by the MP 

distribution. We can therefore identify and remove the pure noise eigenvalues by estimating noise level and 

number of significant signal components based on this MP distribution, resulting in our denoised matrix. 

Thereby, one increases precision and SNR without compromising physiological accuracy and spatial 

resolution33. 

4.2.3 Post-Processing, Inversion, and SNR Calculation 

After image acquisition at 7T, both the raw data file and DICOM image series reconstructed with 

the Sum of Squares reconstruction for the MRE scans were collected. For the scanner reconstructed image 

series, we employed the MP-PCA denoising algorithm to both the magnitude and phase in a 5×5×5 sliding 

block33. The difference was then taken between two phase images acquired with opposite encoding 

directions, and the phase difference images were then curl filtered to remove the longitudinal wave 

component. We then performed a Fourier decomposition to extract the main harmonic, and we applied a 

quartic smoothing kerned with the kerned window scaled based on resolution, previously validated with 

phantom studies36. Finally, we calculated loss and storage modulus (elastograms) using the Algebraic 

Inversion of the Helmholtz equation (Equation 3). Using the raw data files, we used Gadgetron to generate 



52 

 

magnitude and phase images before performing the same pre-processing and inversion method as 

previously described. 

We also calculated OSS-SNR for each image series and method of processing. To do this, we used 

the displacement as calculated during Algebraic Inversion processing (SEGUE unwrapped phase101 

multiplied by the MENC value) before using Fourier decomposition to extract the different harmonic 

displacements. We then calculated Octahedral Shear Strain (OSS) of only the main harmonic component 

and the OSS of the sum of the other harmonic components. The ratio of the main harmonic component OSS 

to the OSS of the other harmonics is used as the OSS-SNR of the scan and data processing method. Whole 

brain, white matter, and gray matter binary masks were generated using SPM12 with the magnitude images 

captured during MRE acquisition. These masks were used to segment elastograms and OSS-SNR masks to 

calculate whole brain, gray matter, and white matter averages. 

4.2.4 Phantom Validation Scans 

We used the phantom MRE experiments performed at 3T and 7T as described in Section 3.3.1 to 

validate the developed MRE sequence and post-processing pipeline at the resolutions of interest with high 

SNR and OSS-SNR. As a summary: MRE was first performed at 3T with 2.5mm isotropic resolution on a 

custom silicone elasticity MRE phantom (CIRS 049) with a background Young’s modulus of 5.0±1.0 kPa 

and spherical inclusions of 3.0±1.0 kPa, 8.0±1.0 kPa, 12.0±2.0 kPa, and 20.0±2.0 kPa Young’s Modulus 

(Fig 4.3.1.1(a), background |G*| of 1.7±0.3 kPa and spherical inclusions of 1.0±0.3 kPa, 2.7±0.3 kPa, 

4.0±0.7 kPa, and 6.7±0.7 kPa Shear Modulus). This MRE data was acquired for 48 slices with 3D motion 

encoding gradients using an echo planar spin echo 2D pulse sequence102 with vibration frequency 50Hz in 

a 3T Siemens Skyra scanner with a 16-channel head coil (Siemens Healthineers).  

MRE acquisition was performed on a on 7T whole-body MRI scanner (Magnetom 7T, Siemens 

Healthineers, Germany) equipped with a 70 mT/m gradient coil and a 32-channel head coil (Nova Medical, 

Wakefield, MA) using our custom multi-slice 2D-EPI pulse sequence with 3D MEGs30, a vibration 

frequency of 50 Hz and 8 phase offsets at 2.5 mm, 1.7 mm, and 1.1 mm isotropic imaging resolutions. I 
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would like to note that when referring to ‘resolution’ in this work, we are referring to imaging resolution 

and not resolution of elastographic detail, of which the numerical value is difficult to exactly determine and 

is dependent on inversion technique103. In both cases, external vibration was applied to the surface of the 

phantom using a custom pneumatic actuator described in Chapter 3 and Triolo, et al.31,36,37,104. Elastograms 

and OSS-SNR maps of the phantom’s cross section were obtained using the processing methods described 

previously on the scanner-reconstructed images. The average of each elastogram and OSS-SNR map of 

five homogeneous slices per scan (2.5 mm at 3T and 2.5 mm, 1.7 mm, and 1.1 mm at 7T) using the AIDE 

algorithm with and without denoising were compared using a one-way ANOVA with a post-hoc Tukey test 

to compare between groups. An ROI around the 1.0 kPa and 2.7 kPa |G*| spherical inclusions were also 

drawn to compare accuracy of small structures at each resolution. 

After human MRE experiments described in the following sections completed, we performed additional 

phantom scans with adjusted parameters to obtain similar SNR, vibration amplitude, and OSS-SNR to that 

of the human scans for further comparison and validation of accuracy. MRE was performed on the same 

validation phantom at 7T using our custom sequence and pneumatic MRE actuator31,36,37,104, a vibration 

frequency of 50 Hz and 8 phases at 1.1 mm, 1.7 mm, and 2.5 mm isotropic resolution. To obtain a 

comparable SNR to that of human scans, a lower excitation flip angle of 35o was used. To obtain a similar 

vibration amplitude and OSS-SNR, lower amplitudes of vibration were used by adjusting the input voltage 

to one of two relatively low levels. Raw data was collected for this phantom validation, and the mean of 

each elastogram and OSS-SNR map of five homogeneous slices per scan were analyzed with the same four 

image processing methods as the human scans (e.g., standard reconstruction, standard reconstruction with 

denoising, advanced reconstruction, and advanced reconstruction with denoising) and groups were 

compared. 

4.2.5. Human Scans 

Full brain coverage MRE at 2.5 mm, 1.7 mm, and 1.1 mm isotropic resolution was performed on twenty 

healthy volunteers (Average age 27 ± 3 years old, 10F, 10M), and partial brain coverage MRE (32 slices) 
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at 0.8mm isotropic resolution was performed on five of those healthy volunteers (Average age 30 ± 3 years 

old, 3F, 2M) at 7T using previously described MRE pulse sequence (Section 4.2.1), a vibration frequency 

of 50 Hz and 8 phase offsets with the sequence parameters listed in Table 4.2.5.1. 

Table 4.2.5.1. Sequence Parameters for Full (2.5 mm, 1.7 mm, 1.1 mm Resolutions) and Partial (0.8 mm 

Resolution) Brain Coverage Human MRE Scans at 7T 

Resolution 2.5 mm 1.7 mm 1.1 mm 0.8 mm 

TE (ms) 65 65 65 70 

TR (ms) 4800 7200 14000 5120 

GRAPPA 2 2 3 3 

Partial Fourier N/A N/A 7/8 7/8 

Bandwidth (Hz/pixel) 2013 2042 1849 1221 

# of Slices 40 60 100 32 

Scan Duration (mm:ss) 04:05 06:07 12:22 04:31 

 

Vibration was applied to the head via the custom pneumatic actuator, using the final 3D printed TPU end-

effector shaped to rest in the base of the head coil as described in Triolo, et al.31 (Figure 4.2.5.1). 

Elastograms and OSS-SNR maps of each of the scans were obtained using the processing methods 

described above on the scanner-reconstructed images, and raw data image processing was performed on all 

scans.  

As a full description of the post-processing: both the raw data file and DICOM image series 

(reconstructed with the scanner-based ‘Sum of Squares’ coil combination) for the MRE scans were 

collected. For the scanner reconstructed image series (subsequently called ‘standard reconstruction’), we 

employed the MP-PCA denoising algorithm to complex signal in a 5×5×5 sliding block. The difference 

was then taken between two phase images acquired with reversed MEGs, and the phase difference images 

were then curl filtered to remove the longitudinal wave component. We then performed a Fourier 

decomposition to extract the main harmonic, and applied a quartic smoothing kernel with the kernel window 

scaled based on imaging resolution, previously validated with phantom studies (described in Chapters 3 

and 4). Finally, we calculated loss and storage modulus (elastograms) using the Algebraic Inversion of the 

Helmholtz equation90. Using the raw data files, we perform post-hoc offline reconstruction of magnitude 

and phase images (subsequently called ‘advanced reconstruction’) using an open-source Gadgetron image 
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reconstruction framework105 to remove artifacts caused by scanner reconstruction error such as inaccurate 

pixel assignment along phase wrapping lines. Gadgetron implements advanced reconstruction techniques 

that are not typically used in scanners due to long computation time. Specifically in this study, we are using 

advanced coil combination based on a non-linear optimization before performing the same pre-processing 

(including denoising) and inversion method as previously described. 

 

Figure 4.2.5.1: Schematic of MRE actuator and volunteer positioning inside the MRI scanner. Air 

pressure waves are generated by the active components outside the magnet room and pushed through 

semi-flexible tubing into a 3D printed TPU end effector placed under the volunteer’s head. 

 

We also calculated OSS-SNR for each image series and method of processing (e.g., standard 

reconstruction, standard reconstruction with denoising, advanced reconstruction, and advanced 

reconstruction with denoising). To do this, we used the displacement as calculated during Algebraic 

Inversion processing (SEGUE101 unwrapped phase multiplied by the MENC value) before using Fourier 

decomposition to extract the different harmonic displacements. We then calculated OSS91 of only the main 

harmonic component and the OSS of the sum of the other harmonic components. The ratio of the main 

harmonic component OSS to the OSS of the other harmonics is used as the OSS-SNR of the scan and data 

processing method. Whole brain, white matter, and gray matter binary masks were generated using 

SPM12106 using an MP2RAGE T1-weighted whole-brain acquisition (0.7 mm isotropic resolution, TE/TR 

= 3.62/6000 ms) for each subject, and the resulting masks and T1 structural images were then co-registered 
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with the magnitude images captured during MRE acquisition. The masks were used to segment elastograms 

and OSS-SNR maps to calculate whole brain, gray matter, and white matter averages. 

Only data processed with advanced reconstruction and denoising will be presented for 0.8mm 

resolution scans due to the partial brain coverage and limited dataset. For the whole brain coverage scans, 

repeated measures ANOVA with Bonferroni correction and multiple comparisons was performed between 

each group of resolutions and post-processing to determine statistical significance while better accounting 

for inter-subject variation. 

4.2.5.1 Human Scans at 3T 

Full brain coverage MRE was performed on the same subjects on a 3T Siemens Skyra scanner 

with a 16-channel head coil (Siemens Healthineers) at 2.5 mm isotropic resolution using an echo planar 

spin echo 2D pulse sequence with vibration frequency 50 Hz, TE = 70 ms, TR = 5600 ms, GRAPPA = 3. 

It is worth noting that while the sum-of-squares coil combination option was chosen for the 7T MRE 

scans, due to improvements in reconstruction software, the advanced coil combine option was used in all 

3T MRE scans. Elastograms and OSS-SNR maps of the 3T scans were obtained using the processing 

methods described above on the scanner-reconstructed images (both with and without denoising). 

Repeated measures ANOVA was performed between each group of field strengths, resolutions, and post-

processing to determine statistical significance while better accounting for inter-subject variation. 

4.3. Results 

4.3.1. Phantom Validation Scans 

Although we see a 2.8%, 2.7%, and 32.6% increases in OSS-SNR in the 2.5 mm, 1.7 mm, and 1.1 mm 

phantom scans respectively, there is very little to no change in |G*| values comparing denoised data to non-

denoised data, likely due to the already very high initial OSS-SNR values (Table 4.3.1.1).  
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Table 4.3.1.1. Phantom Validation of Post Processing using Average |G*| Over 5 Homogeneous Slices 

and Percent Increase in OSS-SNR post- Denoising 

Isotropic Resolution  

(Field Strength) 

2.5 mm (3T) 2.5 mm (7T) 1.7 mm (7T) 1.3 mm (7T) 1.1 mm (7T) 

|G*| Standard (kPa) 1.430±0.023 1.425±0.006 1.427±0.004 1.430±0.004 1.423±0.010 

|G*| Denoised (kPa) 1.430±0.023 1.425±0.006 1.429±0.007 1.430±0.010 1.423±0.010 

OSS-SNR  

Percent Increase 

9.6% 2.8% 2.7% 26.4% 32.6% 

 

The estimated shear modulus values were within the specification range given by the phantom’s data sheet 

(1.7±0.3 kPa). There was also no significant difference found between any of the pairs of |G*| data sets 

(p>0.50), now including the denoised data in the analysis. This would indicate that in a homogeneous, 

linearly elastic material, changing resolution or adding our post-processing techniques do not inherently 

change the calculated |G*| of the material being imaged with sufficiently high OSS-SNR. Additionally, 

moving from 2.5 mm resolution to 1.1 mm resolution results in shear modulus estimates of the spherical 

inclusions that match the manufacturer specifications of the custom MRE phantom. 

 

Figure 4.3.1.1. (a) Schematic and T2-weighted slice of custom CIRS phantom with a background |G*| of 

1.7 kPa and multiple spherical inclusions (listed as both Young’s Modulus values and |G*|), (b) 1.1 mm 

and 2.5 mm resolution elastograms in the custom phantom in slices with the 2.7 kPa |G*| (measured as 

2.393 kPa |G*| in 1.1 mm resolution scan and 1.744 kPa in 2.5mm resolution scan) and 1.0 kPa |G*| 

(measured as 1.003 kPa |G*| in 1.1 mm resolution scan and 1.078 kPa in 2.5mm resolution scan) 

spherical inclusions 
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At 2.5 mm resolution, the inclusion in the specification range 1.0±0.3 kPa Shear modulus is within 

the specified range at 1.078 kPa, but the inclusion of specification range 2.7±0.3 kPa is not in the correct 

range at only 1.744 kPa. However, at 1.1mm resolution, both inclusions are calculated to have |G*| in the 

correct ranges at 1.003 kPa and 2.393 kPa respectively (Fig 4.3.1.1(b)). This implies that increasing 

resolution results in more accurate shear modulus calculations for smaller features, such as these inclusions. 

This also, however, is dependent on shear wavelength (and therefore vibration frequency) utilized, as well 

as the inversion method. 

In phantom validation scans with lowered SNR and OSS-SNR values similar to the human scans, 

there was still no difference found in apparent complex shear modulus between the different resolution 

groups (Figure 4.3.1.2). Additionally, there is a slight trending increase in average magnitude of the 

complex shear modulus with improvement in OSS-SNR due to the application of denoising and advanced 

reconstruction. 

 

Figure 4.3.1.2. Relationship between average |G*| and OSS-SNR in homogeneous slices in our linearly 

viscoelastic phantom with OSS-SNRs lowered to be similar to those found in human brain imaging. 

 

4.3.2. 7T Human Scans 

By applying MP-PCA denoising on the standard scanner reconstruction images, the OSS-SNR significantly 

increased by 27.1%, 64.4%, and 127.1% with an increase of 1.4%, 2.8%, and 7.5% in |G*| in the 2.5 mm, 

1.7 mm, and 1.1 mm imaging resolution datasets, respectively. We generally observe a greater increase in 

|G*| with a greater increase in OSS-SNR when moving from standard scanner reconstruction to advanced 
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Gadgetron reconstruction (Table 4.3.2.1). Less of an increase in both OSS-SNR and |G*| is observed in 

lower resolution scans, as expected, due to inherently higher initial OSS-SNR in those datasets. Therefore, 

we assume that the noise-only components are being removed to increase OSS-SNR, and the increase in 

OSS-SNR results in a higher apparent |G*| as more of the true signal is implemented in the viscoelastic 

inversion step. 

Table 4.3.2.1. Percent Increases in OSS-SNR for Denoising, Advanced Reconstruction, and Advanced 

Reconstruction with Denoising as compared to Standard Reconstruction 

Isotropic Resolution 2.5mm  1.7mm  1.1mm  

OSS-SNR / |G*| Standard Reconstruction 25.2 / 2.05 kPa 12.9 / 1.67 kPa 3.6 / 1.33 kPa 

Percent Increase with Denoising 27.1% / 1.4% 64.4% / 2.8% 127.1% / 7.5% 

Percent Increase with Advanced 

Reconstruction 

60.8% / 3.0% 84.1% / 4.9% 166.5% / 14.7% 

Percent Increase with Advanced Recon  

and Denoising 

98.3% / 4.0% 174.0% / 7.2% 374.5% / 18.7% 

 

Simply moving from standard scanner reconstruction to advanced reconstruction (without denoising) 

significantly increases OSS-SNR by 60.8%, 84.1%, and 166.5% (p<0.05) and increases |G*| by 3.0%, 4.9%, 

and 14.7% in the 2.5 mm, 1.7 mm, and 1.1 mm datasets, respectively. We can visually observe that 

advanced reconstruction using the Gadgetron framework not only improves phase image quality in general, 

but also removes artifacts along wrapping lines, which causes large regions of drop-out in the elastograms 

generated using the 7T scanner sum-of-squares reconstruction (Fig 4.3.1). 
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Figure 4.3.2.1: High resolution (1.1 mm isotropic resolution) Elastogram and OSS-SNR progression with 

increasingly advanced reconstruction algorithm in the same subject. Denoising removes thermal and 

gaussian noise while advanced reconstruction removes phase wrapping error lines. 

 

Additionally, we observe the same trend of decreased whole-brain OSS-SNR and average |G*| with 

increased resolution as was shown in our preliminary results36,104 and previous partial-brain coverage 

studies29,34,35,68,93 (Table 4.3.2.2, Figs 4.3.2.2 and 4.3.2.3). Additional application of denoising on the 

advanced reconstruction data results in a 4.0%, 7.2%, and 18.7% increase in |G*| and 98.3%, 174.0%, and 

374.5% statistically significant increase in OSS-SNR in the 2.5 mm, 1.7 mm, and 1.1 mm datasets, 

respectively, when compared to standard reconstruction without denoising (p<0.05). All whole brain, white 

matter, and gray matter average values at each resolution after advanced reconstruction with denoising can 

be found in Table 4.3.2.2, with the final OSS-SNR achieved at each resolution as 50.6±30.8, 35.3±21.8, 

17.1±9.8, and 20.1±7.5 at 2.5 mm, 1.7 mm, 1.1 mm, and 0.8 mm resolutions respectively. Consistent with 

the prior literature, average |G*|, storage modulus, and loss modulus is greater in white matter than gray 

matter at all resolutions (Table 4.3.2.2), with the average values at 1.1 mm isotropic resolution as 1.73±0.16 

kPa for white matter and 1.55±0.13 kPa for gray matter. 
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Table 4.3.2.2. Whole Brain, White Matter, and Gray Matter Averages for Each Resolution with Advanced 

Reconstruction and Denoising Applied Concurrently (Average ± Standard Deviation, *only five subjects 

represented) 

Whole Brain    

Resolution 2.5 mm 1.7 mm 1.1 mm 0.8 mm* 

|G*| (kPa) 2.13±0.12 1.79±0.12 1.58±0.13 1.40±0.17 

Storage (kPa) 1.70±0.11 1.42±0.11 1.21±0.11 1.09±0.14 

Loss (kPa) 0.74±0.08 0.68±0.07 0.64±0.07 0.56±0.10 

OSS-SNR 50.6±30.8 35.3±21.8 17.1±9.8 20.1±7.5 

White Matter    

|G*| (kPa) 2.25±0.12 1.95±0.13 1.73±0.16  

Storage (kPa) 1.84±0.12 1.54±0.12 1.30±0.13  

Loss (kPa) 0.85±0.09 0.78±0.09 0.74±0.10  

OSS-SNR 53.3±35.2 34.6±22.5 15.8±9.2  

Gray Matter    

|G*| (kPa) 2.12±0.12 1.76±0.12 1.55±0.13  

Storage (kPa) 1.70±0.11 1.40±0.10 1.19±0.10  

Loss (kPa) 0.73±0.07 0.67±0.06 0.63±0.07  

OSS-SNR 49.6±29.6 36.7±28.0 16.9±10.2  

 

Within resolution groups, using advanced reconstruction significantly increased |G*| relative to standard 

reconstruction (Fig 4.3.2.3(b), p<0.05), and the application of denoising significantly increased |G*| when 

applied to both reconstruction methods (p<0.05). The single exception to these trends is that there is no 

significant difference when comparing standard reconstruction with denoising to advanced reconstruction 

without denoising in the 2.5mm resolution group. Comparing between resolution groups for whole-brain 

average |G*|, each of the resolution groups was significantly different from each other (i.e., all 2.5 mm 

resolution groups are different from all 1.7 mm resolution groups and all 1.1 mm resolution groups). 

 

Figure 4.3.2.2. The same |G*| slice shown at each resolution in a single subject 
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Using advanced reconstruction with denoising on the 1.1 mm resolution dataset increased its average OSS-

SNR to be in the same range as the 1.7 mm resolution standard reconstruction datasets both with and without 

denoising. A similar effect is seen in other resolution groups, so generally, applying advanced 

reconstruction methods to high resolution images can increase the average OSS-SNR values to be in the 

same range as lower resolution images (Fig 4.3.2.3 (a)). All other groups are statistically different from 

each other (p<0.05). This effect is contrary to that of whole-brain average |G*| where there are no overlaps 

between resolution groups, indicating a more complex relationship than simply a difference in OSS-SNR. 

While denoising affects |G*| as a whole, of its component parts, the imaginary component is usually more 

susceptible to noise, and it is therefore valuable to investigate loss and storage modulus individually. 

Using advanced reconstruction with denoising on the 1.1 mm resolution dataset increased its average loss 

modulus to be in the same range as the 1.7 mm resolution standard reconstruction datasets both with and 

without denoising. A similar effect is seen in other resolution groups, so generally, applying advanced 

reconstruction methods to high resolution images can increase the average Loss Modulus values to be in 

the same range as lower resolution images (Fig 4.3.2.3(c)). All other groups are statistically different from 

each other (p<0.05). 
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Figure 4.3.2.3. Whole brain average a) OSS-SNR (arbitrary units) and b) magnitude of the complex 

shear modulus (|G*|) in Pa over twenty healthy human subjects for each whole brain resolution, and 

post-processing procedure where error bars indicate standard deviation. Whole brain average c) Loss 

Modulus (G”) and d) Storage Modulus (G’) and in Pa over twenty healthy human subjects for each whole 

brain resolution and post-processing procedure where error bars indicate standard deviation. 

 

As was the case with |G*|, both storage modulus and loss modulus significantly increase due to the 

application of denoising in both standard reconstruction and advanced reconstruction for all groups (Fig 

4.3.2.3(c,d), p<0.05). The single exception to these trends is that there is no significant difference in storage 

modulus when comparing standard reconstruction with denoising to advanced reconstruction without 

denoising in the 2.5 mm resolution group, as was the case with whole brain average |G*|. Comparing 

between resolution groups for whole-brain average storage modulus, each of the resolution groups were 

significantly different from each other (i.e., all 2.5 mm resolution groups are different from all 1.7 mm 

resolution groups and all 1.1 mm resolution groups), although this was not the case with loss modulus. 

While the trends in storage modulus appear to mimic the trends in |G*|, the trends in loss modulus mimic 

the trends in OSS-SNR. 
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4.4. Matched-Resolution 7T vs 3T Results and Discussion 

Within field strength and resolution groups, there is no statistically significant difference between 

the non-denoised and denoised whole brain |G*| of 2.5mm at 3T (p>0.05), but in all other groups (2.5mm, 

1.7mm, and 1.1mm at 7T), denoising significantly increased |G*| from standard reconstruction without 

denoising (p<0.05) and from advanced reconstruction without denoising (p<0.05). However, in all 7T 

datasets, there was no significant increase in |G*| between the standard reconstruction with denoising and 

advanced reconstruction without denoising (Fig. 4.4.1). Comparing between field strength/resolution 

groups, there are no significant differences between matched-resolution groups despite the difference in 

field strength, but each of the resolution groups were significantly different from each other (i.e., all 2.5mm 

resolution groups are different from all 1.7mm resolution groups and all 1.1mm resolution groups). 

 

Figure 4.4.1. Whole brain average magnitude of the complex shear modulus (|G*|) in Pa over twenty 

healthy human subjects for each field strength, resolution, and post-processing procedure 

 

Overall, we found no significant differences between whole brain average OSS-SNR, |G*|, G’, or G” when 

comparing between matched resolution (2.5mm isotropic resolution) scans across field strengths. This 

combined with the phantom validation results strongly implies that the same features are being captured 

with both of these scans and that there are no inherent changes in viscoelastic properties of the brain under 

7T when compared to those under 3T. 
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4.5. 7T MRE Discussion and Conclusions 

4.5.1. Achieving High OSS-SNR MRE at 7T 

In this work, MRE was successfully implemented at multiple resolutions at 7T using a custom pneumatic 

actuator and motion sensitive single-shot EPI-based sequence. Additionally, we applied advanced signal 

processing techniques to reduce the effects of thermal and Gaussian noise, as well as mitigate image 

reconstruction errors, to produce accurate elastograms with high OSS-SNR at high resolution. In using our 

custom elasticity phantom, we validated the accuracy of our sequence and proposed post-processing 

procedures. We have confirmed that in a linearly elastic material with no known complex microstructure 

and high OSS-SNR, there are no inherent differences when upgrading to high resolutions at 7T. We also 

were able to confirm that the noise-only components are removed when using the MP-PCA denoising 

algorithm, as OSS-SNR was only marginally increased in these cases with inherently high image SNR, and 

these increases did not change the resulting |G*| values. Using these high OSS-SNR phantom scans, we 

also investigated the benefits of using higher resolution to resolve small structures, e.g., the spherical 

inclusions. While we achieved a measurement of |G*| within the manufacturing specifications of the softer 

inclusion at both 2.5 mm and 1.1 mm resolutions, we only achieved a |G*| within the manufacturing 

specifications for the stiffer inclusion at 1.1mm isotropic resolution. We hypothesize that this is due to the 

larger difference between the background modulus (1.7 kPa |G*|) and the modulus of the stiffer inclusion 

(2.7 kPa |G*|) compared to the softer inclusion (1.0 kPa |G*|). The higher resolution acquisition can better 

resolve the changes in wavelength and wave speed between materials of different mechanical properties, 

therefore achieving a more accurate measurement even when tissue types that are beside each other are 

different. In phantom validation scans with SNR and OSS-SNR similar to that of human scans, there is a 

slight trending increase in average |G*| with improvement in OSS-SNR due to the application of denoising 

and advanced reconstruction, although this increase is not statistically significant between any group. There 

is, additionally, still no significant difference in apparent |G*| between resolution groups despite the lower 

OSS-SNR, as these values were still above the recommended threshold for accuracy of 3.0 as determined 

by McGarry, et al.91. 
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In performing MRE on the human brain, however, there were much greater variations in OSS-SNR captured 

than in the phantom scans, particularly at the higher resolutions. Particularly at 1.1 mm isotropic resolution, 

the artifacts resulting from reconstruction error occurred more frequently, which was not the case in the 

phantom scans, leading to a lower OSS-SNR in these scans prior to reconstruction using the Gadgetron 

framework. This greater variation can also be attributed to a lowered vibration amplitude due to insufficient 

contact with the vibrational end-effector, which appeared to be the largest contributor to lowered SNR post-

reconstruction using the Gadgetron framework. Although moving to 7T MRE and/or higher resolutions can 

theoretically decrease vibrational motion sensitivity, we found similar intra-subject vibrational amplitudes 

across all scan types, with the largest variability being inter-subject. When comparing between signal 

processing techniques within resolution groups, overall, applying denoising significantly increases OSS-

SNR (and therefore apparent |G*|), as does using advanced reconstruction using Gadgetron framework. 

Using both denoising and advanced reconstruction results in the highest SNR and apparent |G*| for all 

resolution groups. Taking into consideration the scan duration for each resolution, phantom validation 

results, and average OSS-SNR after the advanced reconstruction techniques, we have established 1.1 mm 

isotropic resolution as the most suitable and robust for MRE at 7T to accurately calculate the viscoelastic 

properties of the whole human brain. 

 Advanced processing techniques such as rigid body motion correction, B0 correction, and distortion 

corrections are not incorporated into the proposed framework but may be considered in the future. Rigid 

body motion correction is partly addressed in the current framework by removing the 0 Hz component of 

motion during the Fourier decomposition step, although a prior investigation utilized an SPM-based realign 

routine, resulting in sharper looking images93. In MRE with EPI readout, typically, B0 and geometric 

distortion correction are interrelated, as B0 inhomogeneities result in said geometric distortions93. This 

technique, however, requires either an additional B0 field map at the time of data collection or repeated full 

acquisition with reversed phase encoding directions, and while this correction appears quite significant in 

simulations, its effect is less so in vivo107. While Gadgetron has a functionality to perform B0 correction 
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without such a field map, this algorithm has not been applied. Generally, the potential corrections were not 

implemented at this time, as to not introduce additional controlled bias, as they have not been shown to be 

accurate in correction of average stiffness values, particularly with direction inversion techniques107. 

Additionally, one potential drawback of using a denoising technique is the possibility of an artificially 

increased OSS-SNR due to the general removal of higher order components108,109. This effect has been 

observed when using filtering such as Gaussian or Median filtering94,96,98–100,109–111, which also result in the 

blurring of fine physiological features. However, the MP-PCA method aims to remove only the noise 

without interfering with the signal itself (i.e., without blurring features)112. The denoising algorithm is 

additionally applied in local patches (in our case, a 5×5×5 sliding window) without assumptions on noise 

levels. Therefore, under the assumption smoothly varying noise maps (noise being constant within a local 

patch), the denoising can be used on data with spatially varying noise levels108 and estimate such noise 

maps accordingly113. Just like smoothing, the MP-PCA will not correct the signal offset due to non-Gaussian 

MR signals, as the algorithm removes random signal fluctuations without interfering with the signal112,113. 

Therefore, the average signal is not altered. If the data are non-Gaussian distributed (e.g., Rician), then the 

noise will be removed, but the Rician noise floor will be preserved. 

4.5.2. Resolution-Dependent Apparent Differences in |G*| 

As stated previously, we see a much greater change in Loss Modulus (the imaginary component of complex 

shear modulus) with the application of these processing techniques than with Storage Modulus (the real 

component of complex shear modulus), as the imaginary component is more sensitive to noise. So, while 

advanced reconstruction and denoising that increases G” values from higher resolution scans to be 

statistically in the same range as lower resolution groups, this is not the case for G’ or, consequently, |G*|. 

We observed that using these advanced processing techniques also increases OSS-SNR in the higher 

resolution groups to be in the same range as the lower resolution groups. While the trends from Fig 4.5.2.1 

show an overall strong correlation between |G*| and OSS-SNR regardless of resolution and processing 
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technique, these initial statistical analyses and the results from the various phantom scans indicate a more 

complex relationship when taking resolution into account. 

 

Figure 4.5.2.1. The relationship between OSS-SNR and whole brain average |G*| across all resolutions 

and post-processing methods for all twenty subjects where the overlayed, larger icons with error bars 

represent the average and standard deviations for each resolution and post-processing group, the red 

dashed line indicates the 3.0 OSS-SNR cutoff for accuracy, and the gray dashed line indicates the area 

displayed in the smaller plot that only shows the averaged values 

 

This trend of decreased |G*| and G’ values with increasing resolution can also be identified when analyzing 

whole-brain average mechanical properties between studies that employ direct inversion methods and 

subject populations but use different resolutions7,16,18,20,23,24,29,34,35,39,43,87,114–118. This relationship between 

resolution and |G*| was also specifically identified by Barnhill, et al.34 and Marshall, et al.35 in the same 

subject populations, who hypothesized that a different distribution of features is being captured at high-

resolution34. It was further hypothesized that higher resolution scans, which capture fine features and 

interfaces not visible at low resolution, produce lower elasticity estimates due to these finer features creating 

more tortuosity in the wave34,111. Neither of these studies, however, investigated the effect of SNR or post-
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processing techniques, nor did they investigate matched resolution scans between field strengths, so the 

lack of controlled variables made it difficult to support this hypothesis further. Additionally, the theory that 

higher imaging resolutions capture finer viscoelastic features than lower resolutions can be investigated 

further in future studies by utilizing heterogeneous phantoms with known mechanical properties and by 

analyzing differences in smaller brain regions, which is one of the goals of using such high-resolution scans. 

These results also imply the need for establishing different baseline complex shear modulus values for 

different resolutions and different OSS-SNR ranges for MRE of the human brain. Regardless of the 

differences between resolutions, it may be recommended that studies involving MRE of the human brain 

only compare between groups captured at the same resolution. It is possible, however, based on our linearly 

elastic phantom validation results that these differences may be an artifact of a direct inversion method, 

which may be addressed by employing an iterative inversion method, such as nonlinear inversion, to the 

same subject data119. Additionally, it may be advisable that in studies involving comparisons of patient 

populations, OSS-SNR be assessed, and the groups being compared have OSS-SNRs above the accuracy 

threshold. In conclusion, we have demonstrated the accuracy and robustness of high-resolution 7T MRE 

with advanced post-processing pipeline. The developed techniques will be used in future studies to 

investigate biomechanical parameters of small volume brain sub-structures with applications in 

neurodegenerative diseases and other relevant neurological disorders. 

4.6. Preliminary Multi-frequency 7T MRE 

4.6.1. Introduction 

Most biological tissues, including the human brain, exhibit a frequency-dependent mechanical 

response which has yet to be explored at 7T7. In this study, we investigate the frequency dependence of the 

mechanical properties of the human brain in-vivo. The purpose of this section is to perform Multifrequency 

MRE of the healthy human brain at the ultra-high field strength, 7T. 

4.6.2. Methods 

Full brain coverage MRE was then performed at 1.1 mm isotropic resolution at 40, 50, and 60 Hz 

on a 10-person subset of the healthy human subjects scanned in Chapter 5.1 using the 7T MRE setup 
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described in Chapters 3 and previous Sections in this Chapter. As described as the “Advanced 

Reconstruction” process in Previous Sections in this Chapter, phase images were reconstructed from raw 

data post-hoc using Gadgetron105 open-source image reconstruction, magnitude images were initially 

masked using SPM12106, denoised using a MP-PCA algorithm112,113, and unwrapped using a Segue Phase 

Unwrapping101. Curl filtering, Fourier decomposition, and a quartic smoothing kernel (scaled for resolution 

based on our previous investigation)37,104 were used to acquire wavefield images, before Algebraic Inversion 

of the Helmholtz Equation was used to calculate the magnitude of the complex shear modulus (|G*|). 

Octahedral Shear Strain Signal-to-Noise ratio (OSS-SNR)91 was also calculated for each scan to ensure 

high enough quality for accurate viscoelastic inversion. Whole brain, white matter, and grey matter average 

|G*| for each subject at each frequency were calculated (Fig. 4.6.3.1). 

Table 4.6.2.1. Sequence Parameters for 7T Scanning Sessions 1 and 2 and the 3T Scanning Sessions 
Scan Type Resolution 

(isotropic) 

TE (ms) TR (ms) GRAPPA Partial 

Fourier 

Bandwidth # of 

Slices 

40Hz MRE 1.1 mm 65 14000 3 7/8 1849 100 

50Hz MRE 1.1 mm 65 14000 3 7/8 1849 100 

60Hz MRE 1.1 mm 65 14000 3 7/8 1849 100 

 

Of the initial 10 individuals scanned at each frequency, one subject was excluded did not complete 

the scanning protocol due to a scanner hardware error. The other three were excluded due to low vibration 

amplitude in the 60 Hz scan, resulting in an OSS-SNR value too low to be considered accurate for 

viscoelastic reconstruction (OSS-SNR < 3.0)91. 

 

Figure 4.6.2.1. Smoothed Displacement for the Central Slice of One Healthy Human Subject at 40, 50, 

and 60 Hz Vibration Frequency 
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4.6.3. Results 

Using our custom 7T MRE sequence, pneumatic actuator, and advanced post-processing procedure, 

we successfully performed multifrequency MRE on 6 human subjects at 7T. Wavefield images and 

elastograms of a representative central slice for each frequency are shown in Figs 4.6.2.1 and 4.6.3.1. We 

found an increase in stiffness measurement with vibration frequency as consistent with previous literature 

at conventional field strengths (Figs. 4.6.3.1 and 4.6.3.2). Additionally, we determined that average |G*| 

white matter values are generally higher than that of grey matter, also consistent with literature (Fig. 

4.6.3.2). 

 

Figure 4.6.3.1. |G*| map overlayed with the associated T1 structural image for the Central Slice of One 

Healthy Human Subject at 40, 50, and 60 Hz Vibration Frequency 
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Figure 4.6.3.2. Average |G*| at each frequency in the whole brain (WB), gray matter (GM), white matter, 

(WM), corpus callosum (CC), cerebellum (CB), entorhinal cortex (EC), frontal lobe (FL), hippocampus 

(HC), parietal lobe (PL), and temporal lobe (TL) 

 

Figure 4.6.3.3. The relationship between regional average |G*| and regional average OSS-SNR at each 

frequency (log fit) 
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Additionally, as we saw with the single frequency investigation in the previous sections, we find a 

relationship between |G*| and OSS-SNR, which may cause difficulties in comparing |G*| directly between 

frequencies, as higher frequency acquisitions typically have lower OSS-SNR (Figure 4.6.3.3). We therefore 

performed a logarithmic fit for each frequency group, displaying how the higher the frequency of vibration 

applied, the higher the |G*| appears, despite lower OSS-SNR. 

4.6.4. Discussion 

As previously stated, 3 subjects were excluded due to low vibration amplitude in the 60 Hz scan, 

resulting in an OSS-SNR value too low to be considered accurate for viscoelastic reconstruction (OSS-SNR 

< 3.0). This is due to hardware limitations of the MRE actuator, as vibration amplitude drop-off becomes 

more significant at higher frequencies. Multiple improvements to the MRE actuator to improve this, such 

as a thicker plate covering the subwoofer cone and smaller diameter, less compliant tubing, can be made 

and have been successfully implemented in other MRE setups. Additionally, geometric distortion becomes 

more apparent at higher frequencies, which should be addressed in future investigations. 

In the future, this multifrequency MRE protocol can be used to determine region specific 

frequency-dependent mechanical properties as it has in the past at 3T, but at the ultra-high resolution 

possible at 7T. Additionally, with the suggested modifications to the custom MRE actuator, the frequency 

range of our multifrequency protocol can be extended to the 80-100 Hz range to gather more frequency-

specific mechanical properties of the human brain. By obtaining the multifrequency response of the human 

brain at the ultra-high resolution possible using 7T MRE, we can develop subfield specific material models. 

These material models can therefore be used to inform FE brain models and therefore simulate brain motion 

at the high frequency impacts accurately. Understanding brain movement and tissue deformation 

mechanisms during these impacts is a powerful strategy for predicting brain injury and developing 

preventative equipment. 
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Chapter 5: Characterizing Brain Mechanics Through 7T MRE with 3T MRE Comparison 

via Nonlinear Inversion 

5.1. Introduction 

In the previous Chapter, we have demonstrated the accuracy and robustness of high-resolution 7T 

MRE with advanced post-processing pipeline using direct inversion. We investigated the relationship 

between resolution, OSS-SNR, and the application of different advanced post-processing techniques. We 

observed that using these advanced processing techniques also increases OSS-SNR in the higher resolution 

groups to be in the same range as the lower resolution groups. However, while our results showed an overall 

strong correlation between |G*| and OSS-SNR regardless of resolution and processing technique, these 

initial statistical analyses and the results from the various phantom scans indicate a more complex 

relationship when taking resolution into account. This relationship between resolution and |G*| was also 

specifically identified by Barnhill, et al.34 and Marshall, et al.35 in the same subject populations, who 

hypothesized that a different distribution of features is being captured at high-resolution34. It was further 

hypothesized that higher resolution scans, which capture fine features and interfaces not visible at low 

resolution, produce lower elasticity estimates due to these finer features creating more tortuosity in the 

wave34,111. However, the limitation of the investigation in the previous Chapter, as well as of the referenced 

prior studies, is that |G*| was calculated using direct inversion methods. 

As described in Chapter 2, direct inversion methods require a variety of simplifying mechanical 

assumptions that, while result in fast processing, may contribute to the observed resolution-dependent |G*| 

results for brain tissue. Because these |G*| values are calculated directly using displacement maps, it is very 

likely that higher spatial wave sampling rate is a contributor to this resolution-dependent differences. 

Additionally, using direct inversion requires the application of many spatial and temporal smoothening 

filter (e.g., curl filtering and Romano filtering), reducing both the effective property map resolution (and 

therefore the benefit of moving to high resolutions), and the benefit of using non-smoothening denoising 

methods like the MP-PCA denoised applied in the previous Chapter. Therefore, it became clear that moving 

to a finite element, optimization based, nonlinear inversional algorithm was necessary for better 
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understanding of the mechanical properties of highly inhomogeneous and complex tissues such as the brain, 

as well as for determining clinical applicability of high resolution MRE. 

Nonlinear viscoelastic inversion, as developed by McGarry, et al.119, has been extensively used and 

validated for MRE of the human brain at various resolutions at 3T (3.00 mm – 1.25 mm) for OSS-SNR 

values above 3.0. As described in Chapter 2, nonlinear inversion uses an iterative optimization-based 

method, using the displacement measurements from MRE acquisition as boundary conditions in sliding 

subzones to calculate heterogeneous mechanical properties of tissue, reducing model-data mismatch that 

occurs in direct inversion methods120. While it is more computationally intensive and computation time 

scales exponentially with increased resolution, nonlinear inversion better accounts for reflection and mode 

conversion effects that are present for tissue and allows us to better model the small heterogeneous 

structures in the brain that are also visible in other imaging modalities120.  

With regards to other imaging modalities, this Chapter will also discuss a benefit of moving to 7T 

MRE- the availability of other high-resolution imaging. As stated earlier in this introduction, 1.25 mm 

resolution MRE has recently been achieved through utilizing k-space undersampling techniques, which 

may result in some doubt about why 7T MRE is necessary. While 7T MRE boasts higher image SNR and 

OSS-SNR at these higher resolutions and do not require such extreme undersampling methods to maintain 

a low TE, one of the main benefits of performing high resolution MRE at 7T is that other high resolution 

imaging modalities that are only available at 7T can also be captured for the same subjects in the same 

imaging sessions. The highest resolution that was performed in previous Chapters on the entire healthy 

young-adult cohort, 1.1 mm isotropic resolution, was specifically targeted because it is the resolution that 

is used during 7T Diffusion Tensor Imaging (DTI). 

White matter microstructure has been known to change due to inflammation, demyelination, and 

neurological diseases and disorders. The most common imaging technique for investigating white matter 

microstructure integrity is DTI, which measures restricted diffusion of water in tissue1. Leveraging ultra-

high field 7T MRI, with increased signal-to-noise ratio and improved soft tissue contrast, allows us to 
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accurately map tissue microstructure. 7T DTI has been used to investigate many clinical applications such 

as Epilepsy, Alzheimer’s disease, and depression. By performing MRE at a matched resolution to these 

highly resolved 7T MRI sequences, we can determine the relationship between stiffness and these other 

properties like microstructural integrity, water diffusion, tissue anisotropy, perfusion, etc., as these 

contribute to the heterogeneity and anisotropic material properties of brain tissue. This relationship has been 

previously shown at 3T121, where stiffness and damping ratio were correlated with diffusion metrics in small 

white matter structures. However, this was performed at a more course resolution and therefore partial 

volume effects may be playing a role in some of these correlations. 

In the main portion of this Chapter, we will establish high resolution of whole brain coverage MRE 

at 7T with a target of 1 mm isotropic resolution, in addition to demonstrating the advanced post-processing 

techniques of Marchenko-Pastur Principal Component Analysis (MP-PCA) denoising112, Gadgetron image 

reconstruction framework105, and Nonlinear Viscoelastic Inversion119 to accurately calculate the 

viscoelastic properties of the human brain while considering the tradeoff between resolution, OSS-SNR, 

and scan time. In addition to performing our own validation of the accuracy of nonlinear inversion through 

elasticity phantom experiments and single-subject repeatability, we will also compare our 7T results to 

results from the same cohort as collected at 3T using a sequence with which nonlinear inversion has been 

previously validated. In the secondary portion of this Chapter, we will utilize the high-resolution Diffusion 

Weighted Imaging (DWI) that is able to be captured at 7T to determine the relationship between the 

microstructural information captured though DWI (mean diffusivity, radial diffusivity, and fractional 

anisotropy) and the mechanical metrics measured by 7T MRE (shear stiffness and damping ratio). 
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Figure 5.1.1. Methodological Overview of 7T MRE 

 

5.2. 7T MRE Methods 

5.2.1. Data Acquisition, Post-Processing, Inversion, and SNR Calculation 

The ultra-high field data were acquired on 7T whole-body MRI scanner (Magnetom 7T, Siemens 

Healthineers, Germany) equipped with a 70 mT/m gradient coil and a 32-channel head coil (Nova Medical, 

Wakefield, MA). After each scanning session, both the raw data and DICOM image series for the MRE 

scans were collected. Using the raw data, we perform post-hoc offline reconstruction of magnitude and 

phase images using an open-source Gadgetron image reconstruction framework105 to remove artifacts 

caused by scanner reconstruction error, such as inaccurate value assignment in pixels along phase wrapping 

lines. Gadgetron implements advanced reconstruction techniques that are not typically used in scanners due 

to long computation time. Specifically in this study, we are using advanced coil combination based on a 

non-linear optimization scheme122,123. To remove spatially varying noise in our MRE acquisition without 

comprising the anatomical accuracy and spatial resolution, we utilize an MP-PCA denoising algorithm as 
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described in the previous Chapter112. We employed the MP-PCA denoising algorithm to complex signal in 

a 5×5×5 sliding block.  

The difference was then taken between two phase images acquired with reversed MEGs and 

unwrapped using SEGUE unwrapping101. Using the denoised Gadgetron reconstructed magnitude images 

for each image series, we used FSL’s EDDY framework124 to perform motion correction on these magnitude 

images, as well as use EDDY QC to generate a subject motion report for each acquisition for each subject. 

While EDDY does not have the capability to perform motion corrections on phase data, we were able to 

use the subject motion report to correct changes in phase that results from significant subject motions (above 

2 standard deviations of average subject motion). While interleaved acquisition is useful in EPI sequences 

for reducing distortion, subject motion may cause a ‘z-striping’ effect where reference phase is only altered 

due to small subject motion in every other slice. After removing large outliers based on the EDDY QC 

motion report, we employed a simple low-pass Butterworth filter to remove the high-frequency striping 

effect that occurs due to small, irregular subject motions. In extreme striping cases, we also used the motion 

report to estimate the approximate phase in these slices as if the subject had not moved. Finally, Nonlinear 

Viscoelastic Inversion was used to calculate the commonly reported metrics, shear stiffness (μ, equation 1) 

and damping ratio (ξ, equation 2) from the denoised and motion-corrected unwrapped displacement data, 

where G’ is the storage modulus, G” is the loss modulus, and G*=G’+iG”119.  

𝜇 =
2|𝐺∗|2

(𝐺′ + |𝐺∗|)⁄    (26) 

𝜉 =
𝐺"

2𝐺′
    (27) 

We also calculated OSS-SNR for each image series. To do this, we used the displacement as 

calculated during pre- processing (SEGUE unwrapped phase difference multiplied by the MENC value) 

before using Fourier decomposition to extract the different harmonic displacements. We then calculated 

OSS91 of only the main harmonic component and the OSS of the sum of the other harmonic components. 

The ratio of the main harmonic component OSS to the OSS of the other harmonics is used as the OSS-SNR 
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of the scan and data processing method. Whole brain, white matter, and gray matter binary masks were 

generated using SPM12106 using an MP2RAGE T1-weighted whole-brain acquisition (0.7 mm isotropic 

resolution, TE/TR = 3.62/6000 ms) for each subject, and the resulting masks and T1 structural images were 

then co-registered with the motion-corrected magnitude images captured during MRE acquisition. The 

masks were used to segment elastograms and OSS-SNR maps to calculate whole brain, gray matter, and 

white matter averages. 

 

Figure 5.2.1.1. Post-processing pipeline and the effects/benefits of each post-processing step. (a) using 

the Gadgetron reconstruction algorithm instead of the standard scanner reconstruction algorithm 

removes phase irregularities that occur due to low image SNR along phase wrapping lines during 

acquisition, using MP-PCA denoising removes spatially varying noise, overall increasing OSS-SNR, and 

(b) applying EDDY correction realigns the raw magnitude and phase images, as well as produces a 

motion report that can be used in conjunction with low-pass filtering to correct slice-wise irregularities in 

phase that occur due to irregular subject motion. 
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5.2.2. Phantom Validation Scans 

To validate the developed MRE sequence at the resolutions of interest with high SNR and OSS-

SNR, we performed experiments on a custom elasticity MRE phantom (CIRS 049, CIRS, USA) with the 

manufacturer’s specifications of a background Young’s modulus of 5.0±1.0 kPa and spherical inclusions 

of 3.00±1.00 kPa, 8.00±1.00 kPa, 12.00±2.00 kPa, and 20.00±2.00 kPa Young’s Modulus (Fig 5.3.1.1(a), 

background shear stiffness of 1.70±0.30 kPa and spherical inclusions of 1.00±0.30 kPa, 2.70±0.30 kPa, 

4.00±0.70 kPa, and 6.70±0.70 kPa Shear Modulus). MRE acquisition was performed at 7T using our custom 

multi-slice 2D-EPI pulse sequence with 3D MEGs30, a vibration frequency of 50Hz and 8 phase offsets at 

2.5 mm, 1.7 mm, and 1.1 mm isotropic imaging resolutions. The authors would like to note that when 

referring to ‘resolution’ in this work, we are referring to imaging resolution and not resolution of 

elastographic detail, of which the numerical value is difficult to exactly determine and is dependent on 

inversion technique103.  

To obtain a similar vibration amplitude and OSS-SNR, low amplitudes of vibration were used by 

adjusting the input voltage to one of two relatively low levels. To obtain a comparable image SNR to that 

of human scans, a lower excitation flip angle of 35o was used. External vibration was applied to the surface 

of the phantom using a custom pneumatic actuator described in Triolo, et al.31,36,37,104 and Chapter 2 of this 

work. Elastograms and OSS-SNR maps of the phantom’s cross section were obtained using the post-

processing methods described previously. The average of each elastogram and OSS-SNR map of five 

homogeneous slices per scan (2.5 mm, 1.7 mm, and 1.1 mm) were compared. An ROI around the 1.00 kPa 

and 2.70 kPa shear stiffness spherical inclusions were also drawn to compare accuracy of small structures 

at each resolution. 

5.2.3. Human Scans 

Full brain coverage MRE at 2.5 mm, 1.7 mm, and 1.1 mm isotropic resolution was performed on 

eighteen healthy volunteers (Average age 27.5 ± 3.6 years old, 9F, 9M) at 7T using previously described 

MRE pulse sequence, a vibration frequency of 50 Hz and 8 phase offsets with the sequence parameters 

listed in Table 5.2.3.1. One of these subjects was scanned at each of the three full-brain coverage resolutions 
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three times over the course of one week in order to test repeatability (twice in one day and once on a 

different day).  Informed consent was obtained from all participants for being included in the study. Full 

brain coverage MRE was also performed on sixteen of the same subjects on a 3T Siemens Skyra scanner 

with a 16-channel head coil (Siemens Healthineers) at 2.5mm isotropic resolution using an echo planar spin 

echo 2D pulse sequence with vibration frequency 50 Hz, TE = 70 ms, TR = 5600 ms, GRAPPA = 3. 

Table 5.2.3.1: Sequence Parameters for Whole Brain Coverage Human MRE Scans at 7T 

Resolution TE TR GRAPPA Partial Fourier # of Slices Scan Duration (mm:ss) 

2.5mm 65ms 4800ms 2 N/A 40 04:05 

1.7mm 65ms 7200ms 2 N/A 60 06:07 

1.1mm 65ms 14000ms 3 7/8 100 12:22 

 

Vibration was applied to the head via the custom pneumatic actuator, using the final 3D printed 

TPU end-effector shaped to rest in the base of the head coil as described in Triolo, et al.31 Elastograms and 

OSS-SNR maps of each of the scans were obtained using the processing methods described above, but 

scanner reconstructed images were processed from the 3T data instead of the raw data files. Repeated 

measures ANOVA with Bonferroni correction and multiple comparisons was performed between each 

group of resolutions and field strengths to determine statistical significance while accounting for inter-

subject variation. To investigate the similarity between the 3T and 7T datasets at matched resolution, we 

also calculated the average Structural Similarity Index (SSIM), as defined by: 

SSIM(𝑥, 𝑦) =
(2𝜇𝑥𝜇𝑦+𝑐1)(2𝜎𝑥𝑦+𝑐2)

(𝜇𝑥
2+𝜇𝑦

2+𝑐1)(𝜎𝑥
2+𝜎𝑦

2+𝑐2)
 (28) 

Where μx is the voxel-by-voxel mean of x (i.e., MRE 3T elastograms), μy is the voxel-by-voxel mean of y 

(i.e., MRE 7T elastograms), σx
2 is the spatial variance of x, σy

2 is the spatial variance of y, σxy is the spatial 

covariance of x and y, and the c’s are stabilization variables. MATLAB was used to perform this analysis, 

so the structural similarity for each pixel is based on its relationship to other pixels in an 11-by-11 window. 

This metric has been historically used to compare between reconstruction and undersampling methods in 

MRE studies125,126. However, the different acquisition resolutions have not been compared with SSIM 
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analysis. In order to reduce any bias by up-sampling and interpolating low resolution data or down-sampling 

high resolution data, we only used SSIM to compare between the images of matched resolution. 

Using the MP2RAGE T1-weighted images acquired for each subject, Freesurfer 7.0 segmentation 

was performed, and masks for each region of interest (whole brain left hemisphere, whole brain right 

hemisphere, caudate, corpus callosum, hippocampus, putamen, and thalamus) were generated based on 

each individual’s parcellation. The T1 structural image and resulting masks were co-registered and resliced 

to the MRE magnitude space for each resolution and field strength using SPM12. Regional average stiffness 

and damping ratio, percent difference in stiffness and damping ratio between gray matter and white matter, 

percent difference in stiffness and damping ratio between left hemisphere and right hemisphere, and 

stiffness contrasts (between small regions and gray matter, small regions and white matter, and between the 

caudate and putamen) were calculated for each individual. Paired t-tests were used to compare between left 

and right hemispheres and Cohen’s-d was calculated to determine effect size (reported in Supplementary 

Materials). Prior to all ANOVA and t-tests performed, a Shapiro Wilk test was performed to ensure that the 

data are normally distributed, and correction has been applied if necessary for the t-tests. Most between-

group analyses were performed with ANOVAs, however, which is considered a robust test against the 

normality assumption. 

5.3. 7T MRE Results 

5.3.1. Phantom Validation Scans 

In phantom validation scans with lowered SNR and OSS-SNR values, similar to the human scans, 

the estimated shear modulus values were within the specification range given by the phantom’s data sheet 

(1.70±0.30 kPa). There was also no significant difference in shear modulus found between any of the 

resolution groups (p>0.50). This would indicate that in a homogeneous, linearly elastic material, changing 

resolution does not inherently change the calculated shear stiffness of the material being imaged. 

Furthermore, moving from 2.5 mm resolution to 1.1 mm resolution results in shear modulus estimates of 

the spherical inclusions that match the manufacturer specifications of the custom MRE phantom. 
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Figure 5.3.1.1. (a) Schematic and T2-weighted slice of custom CIRS phantom with a background shear of 

1.7 kPa and multiple spherical inclusions (listed as both Young’s Modulus values and shear modulus), (b) 

normalized displacement in a homogeneous slice of the custom phantom shown at 1.1 mm resolution in 

all three orthogonal directions, and (c) 1.1 mm and 2.5 mm resolution elastograms in the custom 

phantom in slices with the 2.70±0.30 kPa shear modulus (measured as 2.12±0.07 kPa shear stiffness in 

1.1 mm resolution scan and 1.74±0.243 kPa in 2.5 mm resolution scan) and 1.00±0.30 kPa shear stiffness 

(measured as 0.82±0.12 kPa shear stiffness in 1.1 mm resolution scan and 0.85±0.17 kPa in 2.5 mm 

resolution scan) spherical inclusions 

 

At 2.5 mm resolution, the inclusion in the specification range 1.00±0.30 kPa Shear modulus is 

within the specified range at 0.85±0.17 kPa, but the inclusion of specification range 2.70±0.30 kPa is not 

in the correct range at only 1.74±0.24 kPa. At 1.1 mm resolution, the lower stiffness inclusion was 

calculated to have shear stiffness in the correct ranges at 0.82±0.12 kPa, and the stiffer inclusion was closer 

to the lower end of the manufacturer specified range at 2.12±0.07 kPa (Fig 5.3.1.1(b)). Despite not being 
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exactly within the manufacturer’s specifications, the estimate aligns with the trend of the material properties 

of the phantom being on the softer side of what was specified. This alteration in measured shear stiffness 

in the stiffer spherical inclusion, as well as the lowered standard deviation at higher resolution, implies that 

increasing resolution results in more accurate shear stiffness calculations for smaller features, such as these 

inclusions. Additionally, this apparent softer stiffness measurement than expected based on specifications 

is similarly observed in Herthum, et al., in which softer inclusions were more accurately estimated than 

stiffer ones, as was expected based on the finite-differences schemes used by inversion methods127. 

5.3.2. Human Scans 

We successfully performed MRE at 7T on all subjects at all resolutions and reconstructed the data 

using nonlinear inversion (Figure 5.3.2.1). By applying Gadgetron reconstruction and MP-PCA denoising 

to the 7T data, we observed a statistically significant increase in OSS-SNR in the 2.5 mm, 1.7 mm, and 1.1 

mm datasets, respectively, when compared to standard scanner reconstructed images (p < 0.05). All whole 

brain, white matter, and gray matter average values at each resolution can be found in Table 5.3.2.1, with 

the final OSS-SNR achieved at each resolution as 60.3±26.3, 44.8±19.1, and 16.3±5.1 at 2.5 mm, 1.7 mm, 

and 1.1 mm isotropic resolutions respectively, and 60.7±17.5 at 2.5 mm isotropic resolution at 3T. 

Consistent with the prior literature, average shear stiffness is significantly greater in white matter than gray 

matter at all resolutions (p<0.001, Table 5.3.2.1), with the average values at 1.1 mm isotropic resolution as 

2.85±0.19 kPa for white matter and 2.70±0.19 kPa for gray matter.  

We have also included a comparison of shear stiffness and damping ratio in the left and right 

hemispheres to access the possible asymmetry in MRE measures. This showed that when averaged over all 

subjects there is only a 0.4%, 0.5%, and 1.8% difference between the right and left hemispheres at 1.1 mm, 

1.7 mm, and 2.5 mm isotropic resolution at 7T, respectively. The average absolute value percent difference 

in shear stiffness between the hemispheres is 6.4±3.2%, 7.2±3.9%, and 9.1±7.2% (Table 5.3.2.2) at 1.1 mm, 

1.7 mm, and 2.5 mm isotropic resolution at 7T, respectively, although there are no statistically significant 

differences between the left and right hemisphere average stiffnesses when tested with a paired t-test 



85 

 

(p>0.05). The average absolute value percent difference in shear stiffness between the hemispheres 

measured at 2.5 mm isotropic resolution on 3T MRI was 6.1±4.4% (Table 5.3.2.2), and there is also no 

statistically significant difference between the left and right hemisphere average stiffness when tested with 

a paired t-test (p>0.05).  

We also acquired partial brain coverage 7T MRE data with 0.8 mm isotropic resolution, the first 

sub-millimeter human MRE reported, on three subjects from this previously described cohort to access the 

feasibility of submillimeter MRE. The results showed an acceptable average OSS-SNR of 12.9±0.9, with 

estimated average shear stiffness of 2.89±0.22 kPa, damping ratio of 0.26±0.01, gray matter shear stiffness 

of 2.79±0.13 kPa, and white matter shear stiffness of 3.00±0.29 kPa. Though the application of 

submillimeter MRE for the whole brain might be challenging for the patient’s comfort due to the long total 

acquisition time, it might be beneficial for the focused biomechanical analysis of smaller brain regions, 

such as hippocampal subfields, which does not require whole brain acquisition. 
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Figure 5.3.2.1. MRE magnitude images, T1 structural, whole brain, white matter, and gray matter shear 

stiffness maps, and damping ratio maps, in one healthy human subject in the same slice for each 

resolution and field strength. The mean and standard deviation of the white matter shear stiffness for this 

subject is 2.65±0.51 kPa, and the associated damping ratio is 0.253±0.075. 

 

We observed no statistically significant difference in whole brain average shear stiffness between 

the 3T and 7T matched resolution datasets, as well as no significant difference in between any of the 

resolution groups at 7T (Table 5.3.2.1). An SSIM analysis on the matched resolution datasets resulted in an 
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average score of 0.873±0.058 revealing that the results were similar, but not identical (Figure 5.3.2.2). This 

is also exemplified by the subject-wise average percent difference between shear stiffness and damping 

ratio at 3T and any resolution at 7T (Table 5.3.2.2). We observe an average of 8.8-12.7%, 7.9-13.0%, and 

8.6-13.1% percent differences in shear stiffness between the 2.5mm resolution 3T acquisition and the 7T 

acquisitions in the whole brain, white matter, and gray matter, respectively (Table 5.3.2.3). 

 

Figure 5.3.2.2 Elastograms and SSIM analysis on two representative slices on the same subject at 2.5 

mm isotropic resolution at both 3T and 7T 

 

As all groups are above the acceptable OSS-SNR limit (> 3)91, we see no dependence of SNR and 

shear stiffness. From our repeatability analysis (one person scanned three times over the course of one 

week), we have a coefficient of variation of 1.88%, 9.24%, and 5.78% in the 1.1 mm, 1.7 mm, and 2.5 mm 

resolution groups, respectively, for shear stiffness. For the two scans performed on the same day 

approximately 2 hours apart, the coefficient of variation for shear stiffness across all resolutions was 3.30%. 
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Over all the scanning sessions and resolutions, we have a coefficient of variation of 6.48% for shear 

stiffness. 

Table 5.3.2.1. Whole Brain, White Matter, and Gray Matter Averages for Each Resolution with Advanced 

Reconstruction and Denoising Applied Concurrently (Average ± Standard Deviation, *16 subjects only) 

Whole Brain     

Resolution 2.5 mm 1.7 mm 1.1 mm 2.5 mm (3T)* 

Shear stiffness (kPa) 2.68±0.26 2.62±0.16 2.73±0.19 2.52±0.20 

Damping ratio 0.25±0.03 0.26±0.02 0.27±0.03 0.25±0.03 

OSS-SNR 63.5±25.8 43.4±19.3 16.5±5.3 60.7±17.5 

White Matter     

Shear stiffness (kPa) 2.76±0.26 2.70±0.16 2.84±0.19 2.58±0.21 

Damping ratio 0.25±0.02 0.26±0.02 0.27±0.03 0.25±0.03 

Gray Matter     

Shear stiffness (kPa) 2.63±0.25 2.56±0.16 2.70±0.19 2.48±0.20 

Damping ratio 0.25±0.03 0.27±0.02 0.27±0.03 0.25±0.03 

Percent Difference Between Gray and White Matter 

Shear stiffness 4.72±2.10% 5.52±1.88% 5.40±1.57% 4.08±1.37% 

Percent Difference Between Left and Right Hemisphere 

Shear stiffness 9.14±7.28% 7.20±3.95% 6.43±3.17% 6.07±4.41% 

Damping Ratio 6.97±4.62% 6.17±3.87% 6.90±4.63% 8.34±7.28% 

 

Table 5.3.2.2. 7T Whole Brain, White Matter, and Gray Matter Average Percent Difference from 2.5 mm 

Resolution 3T for Each Resolution (Average ± Standard Deviation, 16 subjects only) 

Whole Brain    

Resolution 2.5 mm 1.7 mm 1.1 mm 

Shear stiffness 10.7±8.7% 8.8±5.7% 12.7±6.6% 

Damping ratio 8.3±7.9% 9.5±6.8% 10.3±6.4% 

White Matter    

Shear stiffness  10.4±9.2% 7.9±6.5% 13.0±6.8% 

Damping ratio 7.4±7.1% 8.6±6.7% 9.2±6.2% 

Gray Matter    

Shear stiffness 10.8±8.6% 8.6±5.6% 13.1±7.5% 

Damping ratio 8.5±7.8% 9.4±6.3% 10.0±6.1% 

 

Addressing symmetry, when averaged over all subjects there is only a 0.4%, 0.5%, and 1.8% 

difference between the right and left hemispheres (at 1.1 mm, 1.7 mm, and 2.5 mm isotropic resolution at 

7T, respectively), meaning that if we were to make an atlas of all the data we collected in this study, the 
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atlas would be left-right symmetrical. The average absolute value percent difference in shear stiffness 

between the hemispheres is 6.4±3.2%, 7.2±3.9%, and 9.1±7.2% at 1.1 mm, 1.7 mm, and 2.5 mm isotropic 

resolution at 7T, respectively, although there are no statistically significant differences between the left and 

right hemisphere average stiffnesses when tested with a paired t-test. The 2.5 mm isotropic resolution 

collection’s average absolute value percent difference in shear stiffness between the hemispheres was 

6.1±4.4%, and there is also no statistically significant difference between the left and right hemisphere 

average stiffness when tested with a paired t-test. Our post-processing steps endeavor to remove 

asymmetries in phase images that may result from the asymmetries in the static magnetic field and magnetic 

gradients, and we have accounted for any inherent image asymmetries. 

We chose not to perform interpolation or other spatial comparison between resolutions, as the 

down-sampling or up-sampling methods introduce their own biases, however, global averages of whole 

brain tissue may not be the best way to address that comparison. Given that there is little precedent for 

performing left-right hemisphere asymmetry statistical analysis on MRE data, we have modeled the 

additional analysis performed here after that performed in the Supplementary Materials of Johnson, et al. 

from 2016 in Human Brain Mapping128, but with the small regions we investigated for our contrast analysis 

(described in the subsequent Section). We have compiled unilateral shear stiffness and damping ratio for 

each structure, along with the effect size and p-value from paired t-tests comparing left and right structures 

Tables 5.3.2.3 and 5.3.2.4.  

We found no significant differences and generally small effect sizes, comparable to the analysis 

performed in Johnson, et al. (2016, Human Brain Mapping)128. An analysis like SSIM or a pixel-wise 

correlation analysis was not performed (where the left hemisphere was mirrored on top of the right), as the 

inherent differences in gyri and sulci patters in the left and right hemispheres in the brain would skew the 

results considerably. As a demonstration of this, we performed such an analysis our T1-weighted structural 

images. We flipped and coregistered the structure of the left hemisphere to that same space as the right 

hemisphere, and found an average SSIM value of 0.240.05, meaning that the images are not the same and 
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not well correlated. Hence why we looked at small structures that are historically structurally symmetrical, 

as described above and by Johnson, et al. 

Table 5.3.2.3. Population statistics for shear stiffness for unilateral left and right small structures, with 

effect size and p-value from paired t-tests 

 Shear Stiffness (kPa) 
p-value Cohen’s d 

Left Right 

Caudate 3.34±0.55 3.34±0.42 0.961 0.008 

Corpus Callosum 3.10±0.61 3.44±0.54 0.071 0.582 

Hippocampus 2.77±0.55 2.75±0.51 0.538 0.043 

Putamen 3.69±0.45 3.60±0.35 0.343 0.221 

Thalamus 3.70±0.53 3.62±0.46 0.407 0.155 

 

Table 5.3.2.4. Population statistics for damping ratio for unilateral left and right small structures, with 

effect size and p-value from paired t-tests 

 Damping Ratio 
p-value Cohen’s d 

Left Right 

Caudate 0.274±0.033 0.278±0.047 0.643 0.108 

Corpus Callosum 0.245±0.054 0.226±0.049 0.215 0.367 

Hippocampus 0.243±0.042 0.231±0.055 0.346 0.255 

Putamen 0.247±0.039 0.259±0.047 0.304 0.292 

Thalamus 0.249±0.029 0.241±0.032 0.092 0.245 

 

5.3.3. 7T MRE in Small Brain Regions 

Due to technical limitations of our 3T MRE sequence, we were unable to capture images at 1.1 mm 

isotropic resolution at 3T. Attempting to decrease the voxel size by that amount increased the TE and scan 

time greatly, and required significant sequence acceleration, increasing noise to an unacceptable level. In 

addition to the resolution that one is able to achieve, we believe that one of the main benefits of 

implementing MRE at 7T is the resulting ability to pair it with other high resolution 7T sequences such as 

DTI, high resolution structural scans, spectroscopy, or SWI.  

We have here, included a stiffness comparison and stiffness contrast analysis between anatomical 

structures (Tables 5.3.3.1 & 5.3.3.2). Running a repeated-measures ANOVA between resolutions for each 

anatomical structure and global white matter, there is a significant difference (p<0.05) between resolutions 

in shear stiffness for each of structures shown, as well as between the structures shown and global white 

matter. There is, however, no significant difference in damping ratio between resolutions for each of the 
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structures shown. It should be noted that the standard deviations in these homogenous white matter 

structures are lower at the higher resolution, implying that we see less variation in these regions likely due 

to partial volume effects. We also observe this in our earlier phantom experiments, where the standard 

deviation in shear stiffness in the stiff spherical inclusion is less at 1.1 mm isotropic resolution (0.07 kPa) 

than at 2.5 mm isotropic resolution (0.24 kPa). 

Table 5.3.3.1. Average shear stiffness and damping ratio at low and high resolution of 7T MRE 

performed in a selection of small anatomical structures 

Resolution 2.5 mm* (3T) 2.5 mm 1.1 mm 

Caudate 2.73±0.33 3.18±0.47 3.37±0.43 

Corpus Callosum 3.01±0.31 3.13±0.49 3.34±0.35 

Hippocampus 2.13±0.52 2.59±0.49 2.80±0.48 

Putamen 3.41±0.35 3.70±0.57 3.71±0.35 

Thalamus 2.68±0.42 3.34±0.61 3.70±0.46 

Damping Ratio    

Caudate 0.290±0.044 0.277±0.034 0.265±0.039 

Corpus Callosum 0.185±0.042 0.226±0.050 0.222±0.031 

Hippocampus 0.239±0.046 0.224±0.048 0.235±0.038 

Putamen 0.227±0.051 0.242±0.042 0.250±0.034 

Thalamus 0.228±0.039 0.248±0.041 0.244±0.027 

 

Table 5.3.3.2. Average shear stiffness contrast between structures at low and high resolution of 7T MRE 

 Shear Stiffness Contrast  

Resolution 2.5 mm* (3T) 2.5 mm 1.1 mm 

Caudate vs WM 0.075±0.129 0.175±0.163 0.189±0.156 

Corpus Callosum vs WM 0.179±0.098 0.144±0.148 0.179±0.119 

Hippocampus vs WM -0.145±0.225 -0.060±0.156 -0.020±0.156 

Putamen vs WM 0.339±0.136 0.333±0.155 0.297±0.117 

Thalamus vs WM 0.055±0.159 0.216±0.131 0.291±0.141 

Caudate vs GM 0.146±0.146 0.235±0.186 0.267±0.175 

Corpus Callosum vs GM 0.255±0.116 0.202±0.161 0.256±0.140 

Hippocampus vs GM -0.095±0.231 -0.012±0.169 0.043±0.163 

Putamen vs GM 0.425±0.158 0.400±0.171 0.381±0.126 

Thalamus vs GM 0.124±0.181 0.278±0.153 0.375±0.154 

Caudate vs Putamen 0.261±0.178 0.146±0.133 0.108±0.092 

 

We also performed within-resolution repeated-measures ANOVAs with multiple comparisons and 

Bonferroni Correction to compare shear stiffness between the small white matter structures and the total 
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white matter (Significance level p<0.003333, Table 5.3.3.3). Generally, as the image resolution increases 

from 2.5 mm to 1.1 mm, the number of small white matter features that are distinguishable from each other 

is greater. 

Table 5.3.3.3. Repeated Measures ANOVAs with multiple comparisons and Bonferroni correction to 

compare the shear stiffness of small structures within resolution groups (significance level as 

p<0.003333, where significance is indicated by a gray cell) 

2.5 mm Isotropic Resolution 

 CC Hippocampus Putamen Thalamus White Matter 

Caudate 0.5907 0.0003 0.0001 0.2128 0.0001 

CC 0 0.0005 0.0003 0.1342 0.0005 

Hippocampus  0 1.053×10-7 2.391×10-6 0.3325 

Putamen   0 0.0052 1.246×10-8 

Thalamus    0 1.425×10-5 

1.7 mm Isotropic Resolution 

 CC Hippocampus Putamen Thalamus White Matter 

Caudate 0.8143 3.323×10-5 0.0008 0.0018 0.0001 

CC 0 0.0001 0.0062 0.0068 3.296×10-6 

Hippocampus  0 4.940×10-7 3.573×10-8 0.0644 

Putamen   0 0.6983 7.112×10-8 

Thalamus    0 1.211×10-6 

1.1 mm Isotropic Resolution 

 CC Hippocampus Putamen Thalamus White Matter 

Caudate 0.9936 0.0008 0.0004 0.0021 2.159×10-5 

CC 0 0.0001 0.0042 0.0003 7.821×10-7 

Hippocampus  0 1.179×10-7 7.467×10-10 0.8678 

Putamen   0 0.5952 8.035×10-10 

Thalamus    0 1.701×10-8 

 

5.4. 7T MRE Discussion and Conclusions 

In this work, MRE was successfully implemented at multiple resolutions at 7T using a custom 

pneumatic actuator and motion sensitive single-shot EPI-based sequence, with advanced post-processing 

and nonlinear inversion algorithm to accurately calculate the mechanical properties of the brain and its 

substructures at high resolution. In using our custom elasticity phantom, we validated the accuracy of our 

sequence and proposed post-processing procedures. We have confirmed that in a linearly elastic material 

with no known complex microstructure, there are no inherent differences when upgrading to high 

resolutions at 7T. Using phantom scans, we also investigated the benefits of higher resolution to resolve 
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small structures, e.g., the spherical inclusions. While we achieved a measurement of shear stiffness within 

the manufacturing specifications of the softer inclusion at both 2.5 mm and 1.1 mm resolutions, a shear 

stiffness closer to the manufacturing specifications for the stiffer inclusion at 1.1 mm isotropic resolution 

was found. We hypothesize that this is due to the larger difference between the background shear modulus 

(1.70 kPa) and the modulus of the stiffer inclusion (2.70 kPa) compared to the softer inclusion (1.00 kPa). 

The higher resolution acquisition can better resolve the changes in wavelength and wave speed between 

materials of different mechanical properties, therefore achieving a more accurate measurement even when 

tissue types that are beside each other are different. This is also exemplified in Figure 5.3.1.1, where the 

edges of the spherical inclusions appear sharper at 1.1 mm resolution compared to at 2.5 mm. There is, 

additionally, still no significant difference in apparent shear stiffness of the background shear modulus in 

the phantom between resolution groups despite the lower OSS-SNR, as these values were still above the 

recommended threshold for accuracy of 3.0 as determined by McGarry, et al.91.  

Although moving to higher resolution at 7T can theoretically decrease vibrational motion 

sensitivity, we found similar intra-subject vibrational amplitudes across all scan types, with the largest 

variability being inter-subject. In all resolution groups, overall, using advanced reconstruction with 

Gadgetron framework and applying denoising significantly increases OSS-SNR. Taking into consideration 

the scan duration for each resolution, phantom validation results, and average OSS-SNR after the advanced 

reconstruction techniques, we have established 1.1 mm isotropic resolution as the most suitable and robust 

for MRE at 7T to accurately calculate the viscoelastic properties of the whole human brain. While higher 

resolution with the current sequence and post-processing algorithm is possible, this would increase scan 

time and make the scan uncomfortable for participants and therefore more prone to motion artifacts. 

Despite no group differences in whole brain average shear stiffness between the 3T and 7T matched 

resolution datasets, as well as no significant difference in between any of the resolution groups at 7T, the 

results were not identical. Specifically looking at the differences in matched resolution between 3T and 7T 

through the SSIM analysis, many subjects were scanned on different days, which decreases the repeatability 
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of the result according to our repeatability analysis. To clarify the differences found, we identified a same-

scanner, same-day 1.5-2.5 % test-retest variation, a same-scanner, different-day 5.5-7.5% test-retest 

variation, and a different-scanner, different-day 7-13% test-retest variation. While our same-scanner, same-

day test-retest variation is similar to that of other human brain MRE studies32,109,128–130, different-day test-

retest analysis is rarely performed for MRE and, to our knowledge, has not been reported for human brain 

MRE. Currently, the only clinical/commercial application of MRE is in the detection of liver fibrosis in 

which the acceptable level of variation is set at 7% for commercial use for same-scanner, within-7 day test-

retest analysis (via the MRE QIBA Profile)131. However, the scale at which liver fibrosis alters liver stiffness 

is much larger than any changes we have seen in the stiffness of brain tissue as it relates to neurological 

disorders like dementias or multiple sclerosis. There was, however a very recent study investigating multi-

site and multi-scanner test-retest repeatability of phantom stiffness measurement using the various 

commercial MR Elastography devices, sequences, and software. This study found a 7.0% (95% CI: 2.9, 

11.2) variation using the same sequence at different sites on the same elastography phantoms132, which is 

consistent with the differences we found in the human brain. This would then indicate that our study’s level 

of variation is considered acceptable. Based on the results from the multi-site phantom study and this study, 

consistency in sequence and scanner appear to be very important for consistency in data between subjects. 

Therefore, when proposing a clinical study investigating differences between healthy controls and a patient 

population, either all subjects should be scanned on the same scanner with the same protocol, or the scanner 

used should be included as a covariate. 

Current MRE studies investigating clinical populations are comparatively small and use the same 

site, scanner, and protocol within each paper. While we don’t see as large of a difference between healthy 

and diseased tissue as we would in the liver, studies investigating the difference between Alzheimer’s 

patients and healthy controls have found a 8-26% difference depending on the brain region133. Similar 

differences were found between healthy controls and patients with normal pressure hydrocephalus (11-

24%) 133. Given all these levels of change due to clinical pathologies in previous studies with similar same-
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day test-retest variation, we can establish that our sequence and post-processing procedure would be able 

to discriminate between healthy tissue and pathology, like Alzheimer’s disease or mild cognitive 

impairment. 

Since what stiffness and damping ratio in the brain “actually” represents is still not fully 

understood, it is clear that (at least with the current state of the field) we cannot use brain MRE alone to 

diagnose or assess clinical disorders. It is unlikely that the use of brain MRE alone will be used in the future 

to diagnose an individual based on a quantitative stiffness range that is available for the liver due to inter-

subject variability based on age, sex, and other characteristics. This result implies that further studies are 

required to investigate the day-to-day changes in brain stiffness or how brain stiffness may change 

throughout the day, similar to other physiological phenomena that are observable through MRI. For 

example, cerebral blood flow velocity has a daily rhythm, where it is lower in the morning than the 

afternoon or evening, and is hypothesized to be related with sleep-associated processes134. As prior 

investigations have shown correlations between cerebral blood flow and shear stiffness135, this may 

influence our results. Alternatively, subject hydration, intracranial pressure, or amount of sleep may also 

contribute to daily fluctuations in brain shear stiffness, as these factors have been shown to have effects on 

the results of other MRI sequences such as BOLD or fMRI. 136–140. 

Unlike previous investigations, including in the previous Chapter24,29,34,35,93,104,111,115,117, we saw no 

statistically significant difference between whole brain shear stiffness between resolution groups despite 

the results not being identical. The trend of decreased apparent stiffness values with increasing resolution 

when employing a direct inversion method was also specifically identified by Barnhill, et al.34 and Marshall, 

et al.35 in the same subject populations, who hypothesized that a different distribution of features is being 

captured at high-resolution34. It was further hypothesized that higher resolution scans, which capture fine 

features and interfaces not visible at low resolution, produce lower elasticity estimates due to these finer 

features creating more tortuosity in the wave34,111. Neither of these studies, however, investigated the effect 

of SNR, post-processing techniques, or inversion method, nor did they investigate matched resolution scans 
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between field strengths, so the lack of controlled variables made it difficult to support this hypothesis 

further. The difference in our findings can be attributed to a variety of factors. For example, by acquiring 

data at multiple resolutions, including matching the 3T acquisition resolution, we remove any bias that up-

sampling or down-sampling may introduce. Also, by ensuring that each individual’s OSS-SNR were above 

the accuracy threshold of 3.0 and that all acquisitions had a similar vibrational amplitude range, we 

maximize data quality for inversion processing. This investigation is the first to utilize nonlinear inversion 

on 7T data, and is the first to investigate the difference between 3T and 7T using such an algorithm, so this 

is likely a large contributing factor. 

Advanced processing techniques such as rigid body motion correction to phase images, B0 

correction, and distortion corrections are not incorporated into the proposed framework but may be 

considered in the future. Rigid body motion correction is partly addressed in the current framework by 

removing the 0 Hz component of motion during the Fourier decomposition step and EDDY-QC correction 

to MRE magnitude images, although a prior investigation utilized an SPM-based realign routine, resulting 

in sharper looking images93. In MRE with EPI readout, typically, B0 and geometric distortion correction are 

interrelated, as B0 inhomogeneities result in said geometric distortions93. This technique, however, requires 

either an additional B0 field map at the time of data collection or additional acquisition with reversed 

encoding directions93,107, and while this correction appears quite significant in simulations, its effect is less 

so in vivo107. While Gadgetron has a functionality to perform B0 correction without such a field map, this 

algorithm has not been applied. Generally, the potential corrections were not implemented at this time, as 

to not introduce additional controlled bias, as they have not been shown to be accurate in correction of 

average stiffness values107. 

Additionally, one potential drawback of using a denoising technique is the possibility of an 

artificially increased OSS-SNR due to the general removal of higher order components108,109. This effect 

has been observed when using filtering such as Gaussian or Median filtering94,96,98–100,109–111, which also 

result in the blurring of fine physiological features. However, the MP-PCA method aims to remove only 
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the noise without interfering with the signal itself (i.e., without blurring features)112. The denoising 

algorithm is additionally applied in local patches without assumptions on noise levels. Therefore, under the 

assumption smoothly varying noise maps (i.e., noise being constant within a local patch), the denoising can 

be used on data with spatially varying noise levels108 and estimate such noise maps accordingly113. Just like 

smoothing, the MP-PCA will not correct the signal offset due to non-Gaussian MR signals, as the algorithm 

removes random signal fluctuations without interfering with the signal112,113. Therefore, the average signal 

is not altered. If the data are non-Gaussian distributed (e.g., Rician), then the noise will be removed, but the 

Rician noise floor will be preserved. 

In conclusion, we have demonstrated the accuracy and robustness of high-resolution whole brain 

7T MRE with an advanced post-processing pipeline and nonlinear viscoelastic inversion. Capturing finer 

viscoelastic features with higher imaging resolutions can be investigated further in future studies by 

utilizing heterogeneous phantoms with known mechanical properties and by analyzing differences in 

smaller brain regions, which is one of the goals of using such high-resolution scans. The developed 

techniques will be used in future studies to investigate biomechanical parameters of small volume brain 

sub-structures with applications in neurodegenerative diseases and other relevant neurological disorders.  

5.5. Determining the Relationship between DTI and MR Elastography metrics in Highly Anisotropic 

White Matter Structures at 7T 

5.5.1. Methods 

On the same cohort from Chapter 4 and earlier in this Chapter, we also performed a high-angular-resolved 

(HARDI) diffusion-weighted imaging sequence (dMRI) that allows us to acquire brain images with 1.05 

mm isotropic resolution (b=1500 s/mm2, reversed-phase encoding in anteroposterior and posteroanterior 

directions for paired acquisition in 68 directions) with a total acquisition time of 20 minutes. The dMRI 

pre-processing was performed using the human connectome project (HCP) pipelines, adjusted to account 

for significant eddy currents. The pre-processing pipeline included skull-stripping, eddy current correction 

using FMRIB Software Library (FSL) (www.fmrib.ox.ac.uk/fsl), correction of gradient non-linearities 

using the HCP, B0-field inhomogeneity correction and co-registration to the structural images from the 
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Freesurfer pipeline141. This allowed to estimate whole brain maps of Radial Diffusivity (RD) and Fractional 

Anisotropy (FA).  

 

Figure 5.5.1.1. Overview Figure showing (from left to right) MR Elastography Shear Stiffness and 

Fractional Anisotropy in the same subject, and the Significant (p<0.05) correlation between Average 

Shear Stiffness and FA in the Superior Longitudinal Fasciculus. 

 

Segmentation of individual structures in the white matter, specifically the body, genu, and splenium of the 

corpus callosum, the anterior, posterior, and superior corona radiata, and the superior longitudinal 

fasciculus, was performed using the ICBM-DTI-81 white matter atlas and parcellation map142. Registration 

of the ICBM-152 template to the DTI and MRE image spaces was performed using SPM12106 and the same 

transformation was applied to the masks generated by the white matter atlas. Region-wise correlations 

between Shear Stiffness or Damping Ratio to FA or RD were performed to determine the relationship 

between MRE metrics and DTI metrics of these highly anisotropic brain regions. 

5.5.2. Results 

We found a significant positive correlation between FA and Shear Stiffness in the superior longitudinal 

fasciculus, with trending correlations in the body of the corpus callosum, the full corpus callosum, and the 

superior corona radiata. We also found significant negative correlations between FA and Damping ratio in 

the body of the corpus callosum and the full corpus callosum. We found significant negative correlations 

between RD and Shear Stiffness in the superior corona radiata and the superior longitudinal fasiculus, as 
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well as significant positive correlations between RD and damping ratio in the body of the corpus callosum 

and the full corpus callosum. 

 

Figure 5.5.2.1. Selected Significant Correlations (p<0.05) Between Average Stiffness and FA or RD (top 

row) and Average Damping Ratio and FA or RD (bottom row). 

 

 

 

 

 

 

 

 

 

 

 

 



100 

 

Table 5.5.2.1. Correlation Coefficients and p-values of FA, MD, or RD and Shear Stiffness for Each 

Brain Region. There is a significant positive correlation (p<0.05, bolded) between FA and Shear Stiffness 

in the superior longitudinal fasciculus, with trending correlations in the body of the corpus callosum, the 

full corpus callosum, and the superior corona radiata. There are also significant negative correlations 

(p<0.05, bolded) between RD and Shear Stiffness in the superior corona radiata and the superior 

longitudinal fasiculus. 

Brain Region FA & Shear Stiffness RD & Shear Stiffness 

 R p-value R p-value 

Gray Matter 0.028 0.925 -0.214 0.462 

White Matter 0.304 0.290 -0.357 0.210 

Corpus Callosum (Body) 0.489 0.076 -0.526 0.053 

Corpus Callosum (Genu) 0.322 0.262 -0.327 0.254 

Corpus Callosum (Splenium) 0.167 0.568 -0.348 0.223 

Corpus Callosum 0.482 0.081 -0.527 0.053 

Corona Radiata (Anterior) -0.035 0.905 0.100 0.734 

Corona Radiata (Posterior) 0.019 0.949 -0.014 0.963 

Corona Radiata (Superior) 0.497 0.071 -0.539 0.047 

Corona Radiata -0.185 0.526 0.149 0.612 

Superior Longitudinal Fasciculus 0.540 0.046 -0.551 0.041 
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Table 5.5.2.2. Correlation Coefficients and p-values of FA or RD and Damping Ratio for Each Brain 

Region. There are significant negative correlations (p<0.05, bolded) between FA and Damping ratio in 

the body of the corpus callosum and the full corpus callosum. There is also a significant positive 

correlation (p<0.05, bolded) between RD and damping ratio in the body of the corpus callosum and the 

full corpus callosum. 

Brain Region FA & Damping Ratio RD & Damping Ratio 

 R p-value R p-value 

Gray Matter -0.193 0.508 0.351 0.218 

White Matter -0.275 0.341 0.332 0.247 

Corpus Callosum (Body) -0.549 0.042 0.652 0.012 

Corpus Callosum (Genu) -0.398 0.159 0.062 0.833 

Corpus Callosum (Splenium) 0.035 0.904 0.096 0.745 

Corpus Callosum -0.800 0.001 0.677 0.008 

Corona Radiata (Anterior) -0.239 0.411 0.210 0.472 

Corona Radiata (Posterior) -0.020 0.947 0.139 0.637 

Corona Radiata (Superior) -0.365 0.199 0.393 0.164 

Corona Radiata -0.157 0.593 0.229 0.431 

Superior Longitudinal Fasciculus -0.163 0.578 0.211 0.468 

5.5.3. Discussion and Conclusions 

Our correlation between FA and MRE metrics implies greater stiffness and lower energy dissipation across 

the volume in small regions where the uniform directionality of the white matter fibers is high. This 

indicates the need for anisotropic viscoelastic inversion specifically in these areas of the brain. Alterations 

in the correlation between metrics in these areas may be indicative of damage to the white matter 

microstructure. While it is possible that the correlation between RD and MRE metrics are related to axon 

density, this remains under investigation. 

While correlations between the DTI metrics of FA and RD, and MRE metrics of Shear Stiffness and 

Damping Ratio are not apparent in larger structures, the high resolution achieved at 7T for both MRE and 

DTI allows us to investigate these relationships in small, highly anisotropic, brain regions. Changes in these 
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metrics or the relationships between these metrics could signal changes in microstructure indicative of 

damage to white matter microstructure. 
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Chapter 6: MRE as a Biomarker for Alzheimer’s Disease and for Exploration of Healthy 

Brain Aging 

6.1. Introduction 

Alzheimer’s disease (AD) is a progressive neurodegenerative disease that is characterized by 

abnormal deposits of amyloid plaques and intracellular neurofibrillary tangles of the protein Tau in the 

cortex, or gray matter, of the brain143. Over time, this damage causes the connections between neurons to 

be lost and those neurons to die over time. According to the World Health Organization, 10 million new 

cases of dementia occur per year, 60-70% of which are Alzheimer’s Disease144. Around 1/3rd of the US 

population over 85 years old will develop Alzheimer’s Disease, and it’s one of the top 5 leading causes of 

death with the survival estimate being 3-9 years after diagnosis144. Neuronal loss initially occurs in the 

temporal lobe before progressing to the precuneus region145. This, as well as thinning, initially occurs in the 

gray matter throughout the brain before moving to the superficial white matter146. Over the progression of 

AD, the damage spreads throughout the brain, shrinking the volume of the overall brain tissue147. Symptoms 

include memory loss, confusion, and cognitive difficulties148. Many risk factors for the development of AD 

have been identified such as high cholesterol, diabetes, and sleep apnea144. The progression of AD is 

typically split into three major phases or groups that begins with aggregation of amyloid, then the 

phosphorylation of tau, before the aggregation of p-tau in neurons145. The first phase of the disease is 

asymptomatic, where no cognitive deficits have occurred. The second stage is where patients develop mild 

cognitive impairment, or MCI, and there the loss of neurons begins to cause short term memory loss. The 

third phase is where AD is confirmed and there is short and long term memory loss, as well as hallucinations 

and delusions. 

Amyloid deposition and progression throughout the brain is traditionally described through ‘Thal 

Staging’, with Phase 1 reflecting early deposition and Phase 5 reflecting late-stage disease149. In phase 1, 

amyloid is deposited in the frontal, parietal, temporal, and/or occipital neocortex 149. These amyloid plaques 

are typically small groups of diffuse plaques and do not extend into any other brain region 149. Phase 2 is 

characterized by additional neocortical plaques, deposits in the entorhinal region, and some cases of 
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amyloid in the amygdala, cingulate gyrus, and the neocortex of the occipital, temporal, parietal, and frontal 

lobes 149. In Phase 3, amyloid is observed to have spread to multiple subcortical regions including white 

matter 149. By Phase 4, amyloidosis has reached the central gray matter of the midbrain and has begun to 

reach the brain stem 149. Phase 5 sees amyloid reach the cerebellum and additional brainstem nuclei 149. Tau 

phosphorylation throughout the brain begins later than amyloid deposition and is described via ‘Braak 

Staging’150. Stage 1 shows neurofibrillary tangles in the transentorhinal cortical region, and Stage 2 is 

considered an aggravation of Stage 1150. Stage 3 is characterized by neurofibrillary tangles in the Pre-α layer 

of the transentorhinal and entorhinal regions, and Stage 4 sees this extending into the hippocampus and 

amygdala 150. Stage 5 is an aggravation of Stage 4 where tangles begin extending into the Pre-β and Pre-γ 

layers and the isocortex 150. Stage 6 is the most severe stage with extensive tangles in all layers of the 

entorhinal cortical region, isocrotex, and hippocampus, and is also characterized by a marked loss of nerve 

cells 150. 

Early diagnosis of AD is still challenging because of the subtlety of the microstructural changes it 

initially causes in the brain, which is particularly troubling, as most treatments for AD can only be used to 

slow its progression, not reverse it, and are often far more successful when started early. This is especially 

important because AD starts developing a decade or more before actual diagnosis with a long preclinical 

and mild cognitive impairment stage that lasts several years144. Current drug trials for AD treatment focus 

on amyloid clearing in these pre-clinical or early phases where pathological changes are present but before 

symptoms can manifest, which gives an unfortunate bias in that these studies likely include subjects who 

have a clinical AD diagnosis but who don’t have actual AD pathology148. This is why this investigation, 

and many other new investigations, are looking to move away from defining AD clinically but instead using 

brain pathology and biomarkers. 

The current gold standard of AD diagnosis is still the pathological analysis of tissue, however, this 

is not a feasible screening option given its obvious invasiveness. From pathological analysis, postmortem 

accumulation of amyloid and tau in the entorhinal cortex has been observed144. Amyloid is deposited first, 
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followed by tau, and this accumulation is accompanied by non-specific markers of neurodegeneration, such 

as atrophy in multiple characteristic regions. From this ex-vivo knowledge, there are other tests of varying 

degrees of invasiveness that are typically used for diagnosis in living humans. For clinical usage, 

cerebrospinal fluid (CSF) and blood biomarkers are gaining popularity, as are structural MRIs and different 

types of positron emission tomography (PET) scans. There are also other biomarkers that are currently in 

the research stages of development, such as functional MRI (fMRI), DTI, and MRE. Due to the 

heterogeneous presentation of AD, usually multiple biomarkers are investigated simultaneously to increase 

specificity. 

PET Neuroimaging 

The current in vivo gold standard diagnosis is PET neuroimaging, with the three main types being 

amyloid PET, tau PET, and Fluorodeoxyglucose (FDG) PET. For amyloid PET, a radioactive ligand that 

can cross the blood brain barrier, such as F-18 labeled Florbetaben, selectively binds to fibrillar amyloid 

and diffuse/dense amyloid plaques151. This uptake is measured during the PET scan, and because white 

matter and the cerebellum do not uptake this radioactive ligand, these are used as reference regions to 

properly scale the uptake in the cortex (quantitatively called standardized uptake value ratio, or SUVR)152. 

While the correlation between amyloid tracer uptake and cortical amyloid plaques have been confirmed via 

post-mortem autopsy, classic amyloid uptake is symmetric and diffuse, so uptake does not necessarily 

correlate with severity of symptoms148. Although, the parietal cortex is one of the earliest amyloid 

deposition sites, and progression of amyloid deposition may be influence by anatomical and functional 

connectivity between posterior cortices and medial temporal lobes151,153,154. Generally, uptake increases 

with increasing age, but amyloid ‘positivity’ is through to be indicative of future cognitive decline148. 

Amyloid positivity is defined both globally and regionally, dependent on the radioactive tracer and method 

used. In this work, we will be using F-18 labeled Florbetaben with the imaging method described in Bullich, 

et al.151 This study also established the reference values, both as SUVR and as centiloid measurements, we 

will use to determine subject positivity and regional positivity with this tracer and method (listed in Table 
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6.1.1)152. One downside to amyloid PET is that these traces don’t bind to less mature amyloid, which can 

be more neurotoxic than fibrillar148. 

Table 6.1.1. From Bullich, et al.- Regional amyloid SUVR cutoff values for F-18 labeled Florbetaben151 

Cortical Region SUVR Cutoff Sensitivity Specificity 

Frontal 1.31 95% 97% 

Lateral Temporal 1.26 97% 98% 

Occipital 1.29 88% 95% 

Parietal 1.26 97% 98% 

Anterior Cingulate 1.43 92% 97% 

Posterior Cingulate 1.47 93% 97% 

Precuneus 1.28 95% 98% 

Composite 1.38 93% 100% 

 

Phosphorylated tau, on the other hand, is rarely found in asymptomatic individuals, as 

hyperphosphorylation of tau is a downstream event148. Tau is a neuronal protein that is produced throughout 

the nervous system and promotes self-assembly of axonal microtubules and stabilizes them145,155,156. Normal 

aging tauopathy is isolated to the medial temporal lobe, which is a non-AD pathology, and different regions 

of uptake are indicative of different diseases 148. Like with amyloid PET, tau uptake has also been validated 

against autopsy144,145. Neurofibrillary tau tangle density correlates with neurodegeneration and cognitive 

impairment, with a close relationship between patterns of tau deposition and atrophy measures156. Tau 

imaging is also capable of detecting regionally specific patterns of tau tangle deposition that follow Braak 

staging the neurofibrillary tangle pathology. A common tracer for tau PET scans is 18F-AV-1451, which 

has shown increased binding in the isocortex with worsening global cognitive function, and decreased 

visual and verbal function with binding in the medial temporal region155. 

Cerebral FDG uptake can also be measured using PET and is used as a measure of 

neurodegeneration (synaptic loss) and dysfunction in the surviving cells144,145. FDG uptake is proportional 

to glucose metabolism, and decreased cerebral uptake indicates loss of neuropil and functional impairment 

of neurons148. Hypometabolism in the in bilateral middle and inferior temporal gyri, limbic 

parahippocampal gyrus and posterior cingulate gyrus, and parietal lobes is associated specifically with 
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memory loss148. FDG PET is poorly correlated, however with amyloid or tau accumulation, and instead is 

correlated specifically with neurodegeneration145,148. Each neurodegenerative disease has its own 

characteristic FDG PET findings, but it is not a very sensitive biomarker145. This is also due to the fact that 

amyloid and tau accumulation occur before neurodegeneration (as neuronal loss is late in the pathway), so 

these are typically detected first145,148. 

Cerebrospinal Fluid and Plasma Biomarkers 

Despite the FDA not formally approving any specific CSF biomarker for AD diagnosis, researchers 

and clinicians can use CSF to sample biomarkers for amyloid and tau using a spinal tap. These are the 

earliest biomarker changes reflecting underlying AD pathology, as these biomarkers in the CSF of 

cognitively normal individuals is associated with an increased risk of cognitive decline, development of 

MCI, and of symptomatic AD. Specifically, increased tau in the CSF is a marker of the intensity of neuronal 

degeneration and injury that correlates to tau load, and these tau levels can also indicate recent damage. P-

tau specifically is a biomarker of the pathologic state associated with the neurofibrillary tangle formation, 

but p-tau cannot be used as a measure of tau deposits. 

In contrast, low CSF levels of amyloid, specifically Aβ42 is a marker of fibrile amyloid 

aggregation, trafficking, and deposition into plaques in the brain144. Like the tau biomarker, it is not a 

measure of amyloid plaques, but as a biomarker of a pathologic state associated with amyloid plaque 

formation157. By the time a patient presents with cognitive impairment, cortical amyloid deposition is close 

to reaching its maximum extent. With CSF, we observe higher accuracy in diagnosis by using multiple 

biomarkers simultaneously. For just amyloid, looking at the ratio between Aβ42 and Aβ40 helps improve 

specificity144,157. Additionally, using a combination of Aβ42/40 ratio, total tau, and p-tau is more accurate 

than looking at just one of these markers alone. From a study that investigated the sensitivity of different 

biomarkers, a combination of these different CSF biomarkers was determined to be the most sensitive of 

all the biomarkers tested157. 
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In an attempt to be less invasive than CSF biomarkers, blood-based biomarkers are emerging as an 

alternative. Analysis of blood plasma for biomarkers such as amyloid, tau, and neurofilament light chain is 

performed using mass spectrometry or Single Molecule Arrays (SiMoA)144. While not as sensitive as CSF, 

plasma samples have shown some ability to predict amyloid deposition in brain tissue through decreased 

Aβ42/40 ratio. This is still an emerging field, however, and it is unclear sensitive or specific these 

biomarkers will be in distinguishing between different pathologies. 

MRI Neuroimaging 

While PET scans can measure pathological aggregation, MRI scans can measure other 

pathophysiological mechanisms like structural decline (loss in volume and cortical thinning), functional 

decline (fMRI hyperactivity or altered network connectivity), or white matter decline (diffusion anisotropy 

reduction or white matter pathology)144–146,158,159. Additionally, while PET requires the use of tracers and 

ionizing radiation, MRI is a less invasive alternative. T1-weighted images can detect changes in gray matter 

due to the good contrast between gray and white matter. By improving spatial resolution by using high field 

strengths or advanced MR imaging techniques, quantitative measurements of gray matter volume, cortical 

thickness, and other volumetric analyses can be accomplished using tools like Freesurfer or FSL146. By 

using T1-weighted MRI scans, cortical gray matter loss greater than that of healthy aging (0.5% per year) 

has been correlated with greater amounts of tau tangles and with memory loss and other decreased cognitive 

functions145. Specifically, cortical atrophy in the hippocampus has been linked to the AD symptom of 

amnesia. High resolution structural imaging studies in AD and MCI patients have suggested that some 

hippocampal subfields are more susceptible to neuronal loss than others. Additionally, APOE ε4 status was 

associated with volumetric decline in this region145. However, cortical loss is nonspecific to AD and occurs 

late in diseases stages, so is not useful as an early screening tool. Furthermore, structural MRI alone has not 

been proven to be accurate enough to identify individuals with MCI who will develop AD. 

In order to determine MRI-based differences between these groups, fMRI has been used to examine 

functional changes in MCI and early AD. fMRI is an MRI techniques that measures brain activity by 
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detecting changes associated with blood flow, as cerebral blood flow and neuronal activity are linked. 

During learning, there was increased hippocampal activity in MCI patients compared to those diagnosed 

with AD, with more activity in less severe MCI cases and similar level of activity to AD patients in more 

severe MCI cases. As with T1-weighted MRI, high resolution fMRI has also found that some subfields of 

the hippocampus are more affected than others, and that these changes are also correlated with APOE ε4 

status145,148. 

While initial degeneration occurs in the gray matter, white matter volume and white matter integrity 

have been identified as being disrupted as early as preclinical AD as measured through DTI160. Both MCI 

and AD patients have been shown to have declines in white matter integrity throughout the brain with the 

most reliable changes reported in the temporal lobes145,159,160. While fractional anisotropy (FA) is used as a 

proxy for white matter integrity, there are many factors that affect the FA measurement such as axonal 

degeneration, packing density, disorganization, and demyelination160. In addition to changes in FA in the 

temporal lobe, changes in white matter connectivity due to AD have also been identified in the fornix, 

which is the major links between the hippocampus and hypothalamus145,159. Damage to the fornix has 

specifically been linked to learning and memory deficits that have also been attributed to hippocampal 

lesions159. It has also been hypothesized that myelin loss could contribute to changes in diffusivity in white 

matter, which can also be measured using DTI159. Elevation in mean diffusivity (MD) and decreases in FA 

in the medial temporal and parietal white matter have been associated with neurofibrillary tangle pathology 

and higher Braak stages158. The same changes in MD and FA have also been associated with lower cognitive 

scores158. While FA can only provide useful information about white matter, recent investigations have 

identified that MD may be useful in assessing microstructural alterations in gray matter. While it is not 

entirely clear what MD is a proxy for in gray matter, it has been hypothesized that an increase of MD in 

gray matter indicates a breakdown of microstructural barriers that precede volume loss161. This increase in 

the MD of gray matter in AD and MCI has been identified in the hippocampus, cingulate cortex, parieto-

occipital cortex, and the temporal cortex161. 
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Particularly important in this body of work, MRE-derived stiffness and damping ratio have also 

been recently identified as potential biomarkers for AD. From studies using MRE to investigate healthy 

human aging, we know that the brain gets softer from early adulthood to late adulthood at a rate of annual 

change of anywhere from -0.008 to -0.025 kPa per year133. This softening affect was found in the whole 

brain volume, gray matter, white matter, hippocampus, and in the frontal, temporal, occipital, and parietal 

lobes, while no changes were observed in the sensory motor regions and deep gray matter and white matter 

regions9,10,25–27,32,162. Additional studies investigating the effect of memory on brain stiffness showed a 

relationship between memory score and hippocampal stiffness and damping ratio in healthy adults, with 

lower memory scores correlating with lowered shear stiffness162. In studies comparing patients with AD to 

age-matched healthy controls (to account for natural age variation), significant decreases in brain stiffness 

in the frontal, temporal, and parietal lobes were identified, as well as in the hippocampus and global brain 

tissue. Not only were there group differences between AD patients and age-matched healthy controls, but 

brain stiffness was also found to be correlated with hippocampal volume and functional connectivity, which 

are used as proxies for AD severity9,10. Additionally, Murphy, et al. demonstrated that AD patient’s brains 

were significantly softer than both amyloid positive and amyloid negative healthy controls, and that there 

were no significant differences in brain stiffness between the two control groups, regardless of amyloid 

positivity10. A mouse model study found a negative correlation between CSF amyloid load and whole brain 

shear stiffness, but this has yet to be investigated in humans163. Two studies investigating different types of 

dementias reported different areas of softening dependent on the type of dementia the patient was diagnosed 

with, but small sample sizes made it difficult to determine if the groups could be discriminated with just 

MRE measurements alone13,27. 

6.2. Creating a Framework for PET and MRE Correlation from Healthy Older Adults 

6.2.1. Introduction 

As described in the Chapter introduction, early diagnosis of AD is still challenging because of the 

subtlety of the microstructural changes it initially causes in the brain, which is particularly troubling, as 

most treatments for AD can only be used to slow its progression, not reverse it, and are often far more 
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successful when started early. Pivotal studies applying MRE have shown a progressive softening of white 

and gray matter tissue in AD patients compared to healthy controls (especially in the frontal, parietal and 

temporal lobes) in line with the known topography of AD pathology10,26. This implies the future use of 

MRI and MRE metrics to track disease progression and as a tool for AD diagnosis, potentially replacing 

methods that require patients to undergo ionizing radiation on a regular basis. 

Although MRE studies on AD patients have identified tissue softening10,26, there might be 

different spatiotemporal effects of tau and amyloid beta on brain tissue mechanics due to the intracellular 

and extracellular nature of their deposition. There might be competing effects of tissue atrophy and plaque 

formation on the measured brain mechanical properties. Therefore, one of the limitations of using MRE 

on AD patients is the lack of understanding of microstructural causes that induce tissue viscoelasticity 

variations. This difficulty limits the current predictive value of MRE for early diagnosis and for the 

assessment of individual risk of developing cognitive decline. To overcome this challenge, in this pilot 

study, we developed a novel framework for performing 7T MRE at high resolution on subjects who have 

previously undergone PET scans, and performing joint analysis of biomechanical and pathologic markers 

on these subjects. This approach has the potential to provide physical understanding regarding the 

meaning of these MRE parameters in the context of dementia and neurodegeneration. 

6.2.2. Methods 

Full brain coverage MRE (using our custom SE-2D-EPI-based sequence37) was performed on six 

healthy human subjects (Avg. age 73.2 years) at 1.1mm isotropic resolution and 50Hz vibration frequency31, 

using a 32-channel head coil (Nova Medical) on a 7T Siemens Magnetom MRI scanner (TR/slice=140ms, 

TE=65ms, GRAPPA=3, Partial Fourier 7/8). Raw data were collected for each of these scanning sessions, 

and images were reconstructed post-hoc using Gadgetron to reduce the occurrence of phase singularities 

often found in standard reconstructions of this type. Images were denoised using a MP-PCA algorithm5 and 

unwrapped using Segue 4D unwrapping101. Curl filtering, Fourier decomposition, and a quartic smoothing 

kernel7 were used to acquire wavefield images, before Algebraic Inversion of the Helmholtz Equation was 
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used to calculate the complex shear stiffness164 (further described in Section 4.2). T1 images were 

segmented using Freesurfer and co-registered to the magnitude images of the MRE acquisition such that a 

transformation matrix was generated. This transformation matrix was then applied to the masks to be 

directly applied to the calculated elastograms. 

 

Figure 6.2.2.1. From left to right, T1, PET SUVR map, and Elastogram (|G*|, kPa) for the Same Subject 

in the same image space. 

 

These six subjects have also previously undergone a Aβ burden measurement with F18–labeled florbetaben 

simultaneous positron emission tomography and magnetic resonance (PET-MR) imaging on a Siemens 

Biograph mMR using standardized protocols in accordance with FDA labeling instructions. Attenuation-

corrected data from 90-110 minute post-injection are measured in 1-minute windows and corrected for 

motion. PET data are expressed as a selective uptake value ratio (SUVR) (Figure 6.2.2.1). These PET 

images were also co-registered to the T1 images captured during the 7T MRI scanning session and 

previously generated Freesurfer masks applied.  

6.2.3. Preliminary Results and Discussion 

Using 7T neuroimaging and advanced signal processing techniques, we have successfully created 

a framework for measurement of high-resolution brain mechanical properties. Average Loss Modulus, 

Storage Modulus, and SUVR for each brain region for each subject was calculated and can be found listed 

in Table 7.2.3.1. A regression for each brain region between average SUVR and average Loss and Storage 

Modulus was also performed. The correlation coefficients and p-values for each brain region can be found 

in Table 6.2.3.2. 
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Table 6.2.3.1. Average SUVR, Storage Modulus (in Pa), and Loss Modulus (in Pa) for Each Brain Region 

(Mean ± Standard Deviation). OSS-SNR was also calculated for MRE measures to ensure SNR was high 

enough for accurate stiffness reconstruction (OSS-SNR > 3). 

Nucleus PET SUVR  Storage Modulus (Pa) Loss Modulus (Pa) 

Cerebellar Cortex 0.979 ± 0.049 941.9 ± 72.6 386.8 ± 75.7 

Hippocampus  1.355 ± 0.074 1065.7 ± 140.5 396.8± 37.7 

Entorhinal 1.167 ± 0.108 861.6 ± 227.0 338.6 ± 176.6 

Parietal  1.176 ± 0.053 1034.8 ± 167.4 599.0 ± 202.0 

Temporal  1.096 ± 0.050 1026.9 ± 167.9 517.3 ± 115.4 

Frontal 1.286 ± 0.127 1018.2 ± 168.3 555.1 ± 172.3 

Left Cerebellar Cortex 0.993 ± 0.052 948.7 ± 89.7 364.8 ± 53.0 

Left Hippocampus  1.358 ± 0.091 1067.4 ± 142.8 398.3 ± 66.5 

Left Entorhinal 1.204 ± 0.146 862.4 ± 243.3 355.1 ± 258.2 

Left Parietal  1.211 ± 0.072 1119.4 ± 212.1 644.9 ± 261.2 

Left Temporal  1.115 ± 0.057 1066.5 ± 194.1 558.1 ± 151.4 

Left Frontal 1.282 ± 0.116 1021.8 ± 182.8 571.2 ± 180.5 

Right Cerebellar Cortex 0.967 ± 0.053 948.4 ± 74.0 433.7 ± 114.3 

Right Hippocampus  1.361 ± 0.078 1038.4 ± 186.0  383.5 ± 60.4 

Right Entorhinal 1.101 ± 0.113 777.7 ± 194.1 292.7 ± 152.0 

Right Parietal  1.180 ± 0.054 981.2 ± 145.6 559.1 ± 188.7 

Right Temporal  1.096 ± 0.067 939.7 ± 132.4 455.8 ± 87.0 

Right Frontal 1.308 ± 0.147 1014.3 ± 150.9 537.9 ± 164.3 

 

Based on these correlation coefficients, for healthy older adults, there is a strong positive 

correlation between SUVR and Storage Modulus that is approaching significance in the Entorhinal cortex, 

as well as a strong positive correlation between SUVR and Storage Modulus and SUVR and Loss Modulus 

that is approaching significance in the Left Entorhinal cortex. With continued recruitment of subjects with 

AD and MCI, we hope to expand this method to perform joint analysis of biomechanical, connectomic and 

pathologic markers in AD patients and bring novel insights in our understanding of the mechanisms of AD 
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onset and progression. We also intend to perform voxel-wise comparisons within brain regions in the future, 

control for age and sex, as well as include analysis of Tau and Dopamine PET metrics as this study 

progresses. 

Table 6.2.3.2. Correlation Coefficients and p-values of SUVR and Storage and Loss Modulus for Each 

Brain Region. While none of the follow correlations reach significance, the Entorhinal cortex is 

approaching significance for Storage Modulus and SUVR (signified by the *). As these subjects are all 

healthy controls, we do not yet expect to see strong correlations between PET and MRE metrics as we 

would with AD or MCI subjects. 

Nucleus SUVR & Storage Modulus SUVR and Loss Modulus  

 R p-value R p-value 

Hippocampus  0.4510 0.3694 0.547227 0.2611 

Entorhinal 0.7994 0.0563* 0.630394 0.1797 

Parietal  0.6142 0.1946 0.5203 0.2900 

Temporal  0.4835 0.3313 0.665784 0.1489 

Frontal 0.2795 0.5917 0.26924 0.6059 

Left Hippocampus  0.4076 0.4224 0.210707 0.6886 

Left Entorhinal 0.7724 0.0718* 0.767875 0.0746* 

Left Parietal  0.0739 0.8893 0.154204 0.7705 

Left Temporal  0.3631 0.4793 0.545053 0.2634 

Left Frontal 0.0891 0.8666 0.200306 0.7036 

Right Hippocampus  0.5016 0.3107 0.511227 0.3000 

Right Entorhinal -0.4269 0.3986 -0.07232 0.8917 

Right Parietal  0.7198 0.1067 0.565237 0.2424 

Right Temporal  0.6108 0.1977 0.610555 0.1980 

Right Frontal 0.4248 0.4012 0.266453 0.6098 

 

6.3. Cross-Correlation of Biomechanical, Connectomic, and Pathological Markers in 

Neurodegeneration at 7T MRI 

6.3.1. Introduction 

As discussed previously, performing MRE on human brain can provide information on different 

structures within brain tissue based on their mechanical properties, and pivotal studies applying MRE have 
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shown a progressive softening of white and gray matter tissue in AD patients in regions in line with the 

known topography of AD pathology10,26. Another potential non-invasive diagnostic tool is diffusion tensor 

magnetic resonance imaging (DTI), which provides a metric for understanding the integrity of 

microstructure165. In addition to changes in signal intensity in the white matter due to aging, previous DTI 

studies have also identified changes in DTI signal intensity in gray matter regions166,167, making it a region 

of interest to study in aging and neurodegeneration. 

 Additionally, studies at 3T have found correlations between MR Elastography (MRE) and DTI 

metrics in small white matter structures in young, healthy individuals121,168, but low imaging resolution 

limited the specificity of the results in small regions due to partial volume effects. 

 Leveraging non-invasive ultra-high field (UHF), 7 Tesla (7T) MRI, with increased signal-to-noise 

ratio and improved soft tissue contrast afforded by UHF allows us to accurately map tissue microstructure. 

In this study we aim to use 7T MRE, 7T DTI, 3T amyloid-PET, and cognitive testing results to determine 

the relationships between these metrics in a cohort of older individuals with either normal cognition, mild 

cognitive impairment (MCI), or AD. 

Figure 6.3.1.1. All Imaging Modalities Used; T1 (left), PET (right), Bottom: FA (left), and |G*| (right) 

maps for one subject with MCI. 
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6.3.2. Methods 

Two scanning sessions (7T MRI and 3T PET, Fig 6.3.1.1) and the Preclinical Alzheimer Cognitive 

Composite (PACC) test were performed on 14 subjects (Avg. age 70.3±5.2 years) determined to be 

cognitively normal (CN), and 6 subjects (Avg. age 70.0±9.4 years) determined to have MCI or AD. All 

MCI/AD patients have a consensus diagnosis of cognitive impairment and a Clinical Dementia Rating >4.0 

in the Clinical Dementia Rating Scale Sum of Boxes. Additional subjects (7 additional healthy controls 

making the group Avg. Age 68±6 years and 3 additional subjects with AD or MCI making the group Avg. 

Age 71±9 years) underwent only the 7T MRI scanning session. 

The 7T MRI (Magnetom, Siemens, Erlangen) scan, using a 32-channel head coil (Nova Medical) included, 

a T1-weighted MP2RAGE sequence, a high-angular-resolved diffusion-weighted imaging MRI (dMRI) 

sequence, and a custom SE-2D-EPI-based MRE sequence (Table 6.2.2.1). The DMRI series were collated 

into a single volume, denoised and corrected for artifacts and distortions using MRtrix3. Whole brain 

tractography was generated with 10,000 seeds using tractseg, and fractional anisotropy (FA) and radial 

diffusivity (RD) were calculated141.  

Full brain coverage MRE (using a custom SE-2D-EPI-based sequence37) was performed at 50Hz vibration 

frequency31 (TR/slice=140ms). Raw data were collected and analyzed using direct inversion as described 

in Triolo, et al.169 and Chapter 4 of this work to calculate the absolute value of the complex shear modulus 

(|G*|). Segmentation of brain regions was performed on an MP2RAGE T1scans (0.7mm3) using Freesurfer 

7.0170 and regional masks were co-registered to the MRE space and DTI space using SPM12106. SPM12 

was also used to estimate the percentage area of CSF for each region.  
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Table 6.3.2.1. Imaging Parameters for the 7T and Biograph mMR Scanning Sessions 

7T Scanning Session 

Scan Type Resolution 

(isotropic) 

TE (ms) TR (ms) GRAPPA Partial 

Fourier 

Other # of Slices 

50Hz MRE (8 

phase offsets) 

1.1 mm 65 14000 3 7/8 Bandwidth= 

1849 Hz/pixel 

100 

DWI 1.05 mm 67.6 7200 3 N/A b = 1500 

s/mm2 

132 

T1-Weighted 

MP2RAGE 

0.7 mm 3.62 6000 
  

Bandwidth= 

130 Hz/pixel 

256 

Biograph mMR 

Scan Type Resolution 

(isotropic) 

TE (ms) TI (ms) PAT Flip 

Angle 

T1-Weighted 

MPRAGE 

1.0 mm 2.98 900 2 9o 

 

Using the previously described 7T acquisition with full advanced reconstruction and direct inversion 

(Chapter 4), we performed 7T MRE at high resolution on a larger cohort than those scanned with PET. The 

cohorts that we will be investigating only using 7T MRE are the cohort of 20 healthy young adults as 

described in Chapter 4 (Avg. age 27 ± 3 years), 9 human subjects that presented with cognitive deficits 

(CD, Avg. age 71 ± 9 years) and 21 age-matched (p>0.10) subjects with normal cognition (CN, Avg. age 

68 ± 6 years). Average |G*| of each brain region listed were compared between CD and CN, and CN and 

young adult groups using one-tailed, unequal variance, t-tests. 

Subjects also underwent a Siemens Biograph mMR simultaneous PET-MR scan to measure Aβ burden 

using F18-labeled florbetaben using FDA standardize protocols. Attenuation-corrected data from 90–110-

minutes post-injection were measured in 1-minute intervals and motion corrected. The resulting images 

were coregistered to an MPRAGE T1-weighted image. Average selective uptake value ratio (SUVR), FA, 

MD, and |G*| were calculated per cortical region of interest as specified in Palmqvist, et al.154. All MCI/AD 

subjects and one CN subject were determined to be Aβ-positive. We performed multiple Shapley 

Regressions in subjects with amyloidosis (subjects whose average SUVR are above the region threshold as 

described in Bullich, et al.151) in five PET-relevant brain regions (cingulate, frontal, parietal, temporal, and 

palmqvist-early154) with combinations of the different imaging metrics and PACC that were acquired for 
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each subject. In order to determine the relative importance of each of our predictor variables to either SUVR 

or |G*|, each Shapley regression was performed twice for each region of interest. 

6.2.3. 7T MRE Results 

Investigating differences between CN and CD groups in regional averages of |G*|, we observe a significant 

decrease in |G*| in each brain region apart from the EC (12.6% decrease in WB*, 13.0% in GM*, 14.8% in 

WM*, 19.1% in FL*, 15.0% in PL*; 19.6%** in TL, and 17.9% in HC**; *p<0.05; **p<0.01; Figure 

6.3.3.1 and 6.3.3.2). Additionally, we observe a significant decrease in |G*| between young adult and CN 

groups in WB (12.5%*), GM (11.6%*), WM (16.8%*), TL (11.4%**) and HC (20.6%**) simply due to 

the effect of aging (*p<0.05; **p<0.01; Figure 6.2.3.1). 

 

Figure 6.3.3.1. Regional average |G*| in the whole brain (WB), gray matter (GM), white matter (WM), 

entorhinal cortex (EC), frontal lobe (FL), parietal lobe (PL, temporal lobe (TL), and hippocampus (HC) 

for the cohorts of young adults, older adults with cognitive deficits, and older adults with normal 

cognition. There was a significant difference in every brain region between young adults and adults with 

cognitive deficits, and significant differences between young adults and older adults, and between older 

adults and adults with cognitive deficits is indicated by *p<0.05. 
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Figure 6.3.3.2. Example elastograms in a single slice per three age and sex-matched subjects with 

normal cognition (top) and three adults with cognitive deficits (bottom) 

6.3.4. Multimodal Results 

We found significant differences (one-tailed, unequal variance t-test, p<0.05) between the CN and AD/MCI 

groups in SUVR of all brain regions investigated. A significant negative correlation was found between 

average SUVR and |G*| in the cingulate and parietal cortical regions in the Aβ-positive subjects, with a 

trending correlation in the frontal cortex (Fig 6.3.4.1.A). We also found a significant positive correlation 

between SUVR and MD, and a negative correlation between |G*| and MD in the temporal cortex (Fig 

6.3.4.1.B). Essentially, in the temporal cortex, the lower the diffusivity, the higher the stiffness of the tissue, 

and the less amyloid that was deposited. There was a significant negative correlation between SUVR and 

PACC, and positive correlation between |G*| and PACC, in all regions. 
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(A) (B)  

Figure 6.3.4.1. (A) Linear correlations between |G*| and SUVR in three cortical brain regions, and (B) 

The linear correlations between |G*| and MD, and SUVR and MD in the temporal cortex. 

 

 From the Shapley Regressions (Fig 6.3.4.2. A,B), in the cingulate cortex, frontal cortex, and early 

aggregate cortical regions, PACC was the strongest predictor of |G*|. In the parietal and temporal cortexes, 

MD was the strongest predictor of |G*|. To only look at imaging metrics, so excluding PACC, SUVR was 

the best predictor of |G*| in the cingulate cortex and early aggregate region, while MD was the best predictor 

of |G*| in the frontal cortex as well. PACC was also the strongest predictor of SUVR in all regions apart 

from the temporal cortex, where MD was the best predictor of SUVR.  Once again, excluding PACC, |G*| 

was the best predictor of SUVR in all brain regions tested, apart from the temporal lobe, where MD was 

the better predictor.  
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Figure 6.3.4.2. Results of the Shapley Regressions, calculating the importance of (A) SUVR, Age, FA, 

RD, % CSF, and PACC in the results of MRE, and (B) the importance of Age, FA, RD, % CFS, and |G*| 

from MRE in the results of SUVR in multiple brain regions. 

 

6.2.5. Discussion 

The negative correlation between |G*| and SUVR in brain regions initially impacted in MCI/AD 

progression is consistent with a previous investigation, supporting the hypothesis that tissue degeneration 

caused by Aβ accumulation results in tissue softening. The Shapley regression analyses demonstrated that 

SUVR and |G*| were the most important imaging covariates in their corresponding multi-regression 

analyses for multiple brain regions, which is promising for finding correlates of PET through MRE. This 

has an interesting clinical applicability, with the implication being that MRE may be used as a biomarker 

for amyloid deposition in the regions that |G*| was the best predictor of amyloid deposition. Given more 

evidence, patients may be able to undergo MRE instead of PET, so this would require less ionizing radiation 

for diagnosis. Additionally, because MRE does not involve any radiation or tracer use, patients would be 

able to undergo MRE more frequently than they would PET to better track disease progression. 
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Furthermore, subjects with liver and kidney injuries who cannot undergo PET scans for tracer clearance 

reasons (the reason why not every subject in this Chapter could have both PET and MRI scans) could 

undergo MRE instead. 

 MD being the best predictor of SUVR and G* in the temporal and parietal cortexes is consistent 

with previous investigations of neurodegenerative and age-related brain changes in gray matter. 

Specifically, correlations between SUVR or |G*| and MD, but not SUVR and |G*| in the temporal cortex 

may be indicative of cascades which contribute to Aβ deposition, microstructural damage, and tissue 

softening and degradation. The first area od degeneration and amyloid desposition in the brain is in the 

temporal cortex, which is where we observed the only significant Pearson correlation of MD with stiffness 

or amyloid deposition, so it would follow that change sin diffusion may happen later in the pathological 

cascade than change sin stiffness or amyloid load. Additionally, similar correlation coefficients between 

PACC and |G*|, and PACC and SUVR in all brain regions has interesting implications about use of MRE 

and DTI instead of PET for diagnosing amyloidosis with cognitive impairment. 

 In our investigation, we did not find any effect of volumetric changes on PACC or any imaging 

metric, which is why volumetric analysis was not included in the Pearson correlation plots or Shapley 

regressions. Since volumetric changes and cortical thinning typically occur later in AD progression146 and 

the majority of our subjects are in early stages or MCI and AD, this is fairly unsurprising. Furthermore, any 

minor volumetric changes should not have impacted the other imaging metrics, as we used patient-specific 

parcellation through Freesurfer, and not coregistration with a standardized atlas. We also do not see any 

contribution of FA to our analysis. FA describes tractography alignment and anisotropy in white matter 

which cannot be measured in the cortical regions we investigated. Additionally, we saw no contribution of 

age, although this may be sample bias, as our patient with the most severe presentation of AD was also our 

youngest patient. Finally, we do not observe a large effect of CSF percentage (from our Shapley regression 

analysis) which was an initial partial volume concern for MRE. Due to CSF having effectively zero stiffness 
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as a liquid, we were initially concerned about a large volume of CSF in the parcellation volume deflating 

the apparent stiffness. This, however, had no effect. 

 Overall, we can hypothesize that decreasing stiffness in the human brain is accelerated with MCI 

and AD as compared to normal healthy aging. We can also hypothesize that this softening doesn’t just 

happen globally, but more so, or early in brain regions that are associated with AD progression and memory 

or are functionally connected to those that are associated with memory. Additionally, amyloid deposition 

is predicted by this progressive softening. We can also hypothesize that changes in stiffness in cortical 

regions of the brain follow the same patterns of amyloid accumulation and degeneration- starting in the 

temporal cortex before progressing to the parietal and frontal cortexes. We can also hypothesize that 

increased water diffusivity occurs later in the pathway than initial softening and amyloid accumulation, as 

this correlation and predictive associated only happens in gray matter regions that are first affected by AD. 

 As for the directionality of the stiffness and amyloid cascade, it is difficult to determine from our 

current results whether increased amyloid plaques in a brain region causes degradation and therefore 

decreases stiffness, or if stiffness is decreased sue to a different mechanisms and amyloid plaques ‘stick’ to 

and are more easily embedded in the already softened tissue. Based on the results from our Shapley analysis, 

where stiffness was a better predictor of amyloid deposition than amyloid deposition was a predictor of 

stiffness, we can speculate that local softening occurs first. From animal studies investigating the 

microstructural changes in brain tissue due to AD progression, initial stiffness changes likely occur due to 

demyelination and/or changes in cell density, but not necessarily extracellular matrix degradation at first, 

as that happens later in the AD pathological cascade171,172. Plaques of amyloid then may be able to 

accumulate in these soft regions, which then causes more degradation and softening over time, which could 

cause even more amyloid to accumulate. This is supported by a recent mouse model study where myelin 

dysfunction was found to drive amyloid accumulation173,174. Some literature evidence against this 

hypothesis, however, is from an human brain MRE study from 2016 which found no difference in stiffness 

between people who were cognitively normal and amyloid negative, and cognitively normal individuals 
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with amyloidosis. This study, however, only looked at global brain tissue and whole lobe volume instead 

of just cortical regions10. 

 One limitation of our study is that a more robust MRE inversion algorithm, like nonlinear inversion, 

would benefit the high-resolution allowed by 7T, resulting in even more detail. This study is limited by a 

small sample size due to some individuals not being cleared for PET tracer use and others not meeting 7T 

safety criteria, limiting statistical power, so future studies should look to include larger cohort of subjects 

diagnosed with MCI/AD. In addition, the subjects here have undergone tau PET, which has yet to be 

analyzed, and many have had genetic sequencing for the APOE ε4 status. Both of these additional pieces 

of information could shed light on further cascades and genetic predisposition to pathologic changes. 

Despite these challenges, our multi-modal biomechanical imaging and analysis framework has promise to 

determine relationships between a multitude of MRI and PET measures for AD and MCI subjects, providing 

a physical understanding between tissue mechanics and AD pathophysiology. 
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7. Future Outlooks 

 In this work, we have developed a 7T MRE framework, validated said framework, and applied that 

framework to investigate the clinical problem of Mild Cognitive Impairment and Alzheimer’s disease. 

While significant progress was made in developing, validating, and applying 7T MRE, there is still much 

more work to be done in the future. For example, more work may be performed in the future to improve 

the 7T MRE sequence. We currently use an interleaved acquisition style, which results in a striping artifact 

in the z-direction during random subject motion, as the reference phase is slightly altered in the second set 

of slices post-motion. This results in an artificially short-wavelength and therefore an inaccurate mechanical 

stiffness reconstruction during nonlinear inversion. While we currently combat this through EDDY motion 

correction and low pass Butterworth filtering, by implementing a different readout scheme (like, for 

example, spiral readout) we remove the need for this extra correction and filtering that may decrease the 

effective resolution in the z-direction. The switch to a spiral readout, such as the type that Dr. Curtis 

Johnson’s research group developed would result in not only a shorter echo time, thereby resulting in a TE 

closer to the T2 value of brain tissue at 7T, but it would also allow for high resolution acquisition, as echo 

time is no longer dependent on resolution17. This would also, however, require us to switch to a multi-shot 

acquisition scheme because a single-shot approach, like what is used currently, would lead to long readout 

times in high-resolution acquisitions and distortions due to inhomogeneities in the static magnetic field 

(also exacerbated at 7T). B1 and B0 inhomogeneities have also been addressed in other protocols with the 

addition of field mapping, so it may. Be beneficial to investigate this in the future. Another potential method 

for an altered encoding scheme would be to employ adiabatic pulses, as the 180° RF pulses used for 

refocusing a spin echo are particularly susceptible to B1 inhomogeneity52. Adiabatic RF pulses are highly 

effective solutions to perform refocusing in a B1-immune manner52.  

 Now to discuss post-processing methods. As discussed in both Chapters 5 and 6, the 7T imaging 

protocol performed on our subjects not only included MRE, but also T1-weighted structural images and 

DTI. An additional mechanical modeling technique that we could employ in the future is anisotropic 

viscoelastic inversion by implementing DTI tractography in the nonlinear inversion. Property and fiber 
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direction heterogeneity can be incorporated into the model, as stiffness along these tracts is likely higher 

than in transverse directions, and accordingly, violates isotropic assumptions and causes wavefield-

dependent artifacts when isotropic MRE is applied to anisotropic tissue175. The young healthy subjects 

scanned during Chapters 4 and 5 have also undergone full-brain CINE MRI176, which measures intrinsic 

brain motion that results from blood flow throughout the heartbeat cycle. By using this extremely low-

frequency motion (~1-2 Hz resting heart rate) in conjunction with the higher frequency motion measured 

during the 50 Hz MRE, we can perform poroviscoelastic inversion. Poroelastic effects are more important 

at low frequencies of intrinsic actuation, whereas model choice is less important at higher frequencies, so a 

simpler viscoelastic model can be used. Poroelastic inversion at low frequency has the advantage of 

providing a unique solution as the fluid–solid interaction forces can be balanced against elastic stresses 

when inertial forces are small177. 

As for the application of all of these methods, we can also use the data collected in Chapters 5 and 

6 to investigate the changes in brain mechanics due to healthy aging. Both of our cohorts have undergone 

50 Hz 7T MRE at 1.1 mm isotropic resolution and 7T DTI at matched resolution, so we could not only look 

at the change in MRE metrics or DTI metrics due to healthy aging separately, but we could also look at 

how the combination of these metrics change due to healthy aging as well. Additionally, the results that 

have not yet been processed with nonlinear inversion should be re-processed with this inversion scheme. 

The subjects from Chapter 6 who underwent a PET scanning session, in addition to the amyloid PET 

discussed, also underwent Tau and dopamine PET, so those could also be analyzed as covariates in the 

correlations and Shapley Regressions. All of the subjects from Chapter 6, as part of the 7T scanning protocol 

also underwent a T2 TSE structural scan and an SWI scan, so we could also look at the presence and number 

of perivascular spaces from the T2 scan and differences in susceptibility from the SWI scan as additional 

covariates. Because our sample size is very limited, Aim 3/Chapter 6 would benefit greatly from a larger 

cohort of subjects. While there were more MCI and AD subjects referred to us from the study that performed 

the PET and cognitive testing, many of these subjects did not pass the rigorous safety screening that is 
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required for a 7T MRI scan. Due to the PET scans being performed on a simultaneous 3T PET-MR scanner, 

we could, instead, scan these individuals on a 3T scanner using a 3T MRE sequence with k-space 

undersamping to achieve a resolution close to what is possible at 7T. 

 Despite the promising results from Chapter 6 that hint at the potential cascades of microstructural 

damage and neurodegeneration during the course of MCI and AD, more information is needed to draw any 

conclusions about the causality flow of the cascade. Future longitudinal studies using the designed 

framework or preclinical studies on animal models with a framework that mimics the one used here could 

provide more context. If a preclinical study was performed, the addition of immunofluorescent staining 

would also provide more context regarding cellular level contributors to the tissue-level effects we see with 

imaging, such as extracellular matrix integrity and cellular density. As for a future longitudinal study, we 

could observe how different imaging modalities’ metrics change throughout the course of 

neurodegeneration and disease progression in relation to each other and to the subjects cognitive function. 

Additionally, if any of these subjects were to start taking amyloid clearing pharmaceuticals, we could 

observe how the progression of these changes in properties are different from those of subjects who are not 

taking the pharmaceutical treatments. We could also closely observe for any parameters that could precede 

side-effects from taking these amyloid clearing treatments, for example, amyloid-related imaging 

abnormality (ARIA), which is a new signs and symptoms including headache, worsening confusion, 

dizziness, visual disturbances, nausea, and seizures178. 
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