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Abstract 

 

 

 Magnetic resonance (MR) hemodynamic imaging involves the study of vascular blood 

circulation. The regulation of tissue oxygenation depends directly on the regulation of blood flow. 

Impaired blood flow, oxygen supply, oxygen consumption, and vascular integrity are major 

contributors to organ dysfunction as these can limit the supply of nutrients and clearance of toxic 

substrates. MR metabolite imaging, also known as MR spectroscopic imaging (MRSI), is the 

detection and quantification of in vivo chemical compounds (metabolites) by protons (1H), 

phosphorus (31P), or other atoms attached to the molecules. Changes in metabolite content are an 

early marker of diseases and in general, may precede anatomical/structural changes. Therefore, 

efficient techniques for robust measurement of blood flow, endothelial function, and metabolite 

content can be very beneficial to investigate pathology in various organs. 

The specific goals of this work were: (i) to determine the feasibility of a novel technique for real-

time simultaneous measurement of arterial blood flow, perfusion, venous oxygen saturation, and 

bioenergetics (31P MRS) in the human skeletal muscle; (ii) to develop a novel technique to measure 

perfusion and blood-brain barrier (BBB) permeability using magnetization transfer (MT) and 

arterial spin labeling (ASL) in the human brain; (iii) to develop a robust technique for high-

resolution fast 1H MRSI of the human brain using non-Cartesian (rosette) trajectory; and (iv) to 

demonstrate high-resolution human spinal cord imaging using motion-insensitive rosette trajectory 

with MT preparation and compressed sensing MRI. The overarching goal of the work presented 

here is to develop new non-invasive techniques that can provide novel information about pathology 

and help monitor disease progression and the efficacy of treatment. 
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Chapter 1 

Introduction 

 

Hemodynamics refers to “the physical study of flowing blood and of all solid structures through 

which it flows” 1. Therefore, hemodynamic imaging involves the study of vascular blood flow and 

vessel integrity. Blood flow consists of a macrovascular component that refers to the global 

transport of blood through the arteries, and a microvascular component (perfusion) that is the 

delivery of the vascular blood to the tissue. Blood flow regulates the supply of oxygen and other 

nutrients to the tissue, which is very crucial for the healthy functioning of any organ 2. Adequate 

oxygen supply and consumption play a vital role in mitochondrial energy production, and 

impairments may contribute to reduced oxidative capacity of mitochondria 3-5. Impaired cellular 

energy production is shown to play a significant role in diseases such as Type II diabetes (T2DM), 

chronic obstructive pulmonary disease (COPD), heart failure (HF), peripheral artery disease 

(PAD), and Barth syndrome (BTHS) 6-13. This leads to a decline in physical function and an 

increased risk for disability and mortality 14. The development of non-invasive measurements of 

blood flow and oxygen extraction may elucidate valuable biomarkers in studies of organ 

dysfunction and disease propagation. 

Arterial spin labeling (ASL) MRI techniques are widely used to magnetically label blood water as 

an endogenous tracer to measure perfusion in brain and other organs non-invasively. The exchange 

of blood water from the vascular circulation to the tissue through the capillary wall was initially 
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considered free and unrestricted; however, several studies have shown evidence of restricted water 

exchange 15-17. The exchange of blood water between vascular space and tissue space is regulated 

primarily by the permeability of the capillary wall, which is composed of a single layer of 

endothelial cells 2. Therefore, the endothelial function plays a vital role in regulating the exchange 

of water, oxygen, and other nutrients from the intravascular space to the tissue space.  

The delivery of blood water from vascular space to the tissue space is affected primarily by two 

physiological processes: water filtration and water diffusion 18, 19. While diffusion refers to the 

passage of water molecules across the capillary wall because of Brownian motion, filtration refers 

to the motion due to the osmotic pressure gradient. Slits and pores between endothelial cells play 

a major role in water filtration in capillaries outside the central nervous system (CNS) because 

bulk flow can take place across the capillary wall through these slits and pores. However, it has 

very little contribution to water diffusion because the total surface area of these pores and slits is 

very small compared to the total capillary surface area. The water channels (aquaporin) have a 

diameter on the order of a single water molecule in the CNS. Therefore, these channels only permit 

water diffusion but not water filtration in the CNS. While the ratio between the filtration and the 

diffusion is fifty or more outside the CNS (i.e. skeletal muscle), it is close to unity in the CNS. 

Thus, the exchange of water between vascular space and tissue space is more restricted in the CNS 

and regulated primarily by the blood-brain barrier (BBB) 15, 20-23. 

Given that the BBB plays a fundamental role in regulating the exchange of nutrients between the 

vascular circulation and the CNS 24, it provides a suitable functional environment for the nervous 

system by restricting neurotoxins and macromolecules from entering the tissue25. Disturbance in 

the BBB can result in the altered functional activity of the CNS, which is associated with many 

pathological conditions such as multiple sclerosis (MS), Alzheimer’s disease, Parkinson’s disease, 
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tumors, and stroke26-30. In addition, the BBB prevents the brain uptake of most pharmaceuticals. 

However, novel approaches have demonstrated the potential to overcome this barrier and increase 

drug delivery in diseases like brain tumors, Parkinson’s disease, and lysosomal storage 31-33. The 

development of non-invasive techniques to measure BBB permeability is clinically relevant in 

investigating a variety of CNS diseases and to measure treatment response. 

Proton (1H) magnetic resonance spectroscopy (MRS) is a valuable tool to assess CNS diseases 

non-invasively 34. In vivo chemical compounds such as 1H metabolites represent specific 

biomarkers in the CNS; for example, the creatine (Cr) in the MR spectrum represents energy 

metabolism, the choline (Cho) represents cell membrane turnover, GABA represents inhibitory 

neurotransmission, etc.35 Concentrations of these metabolites can be used to probe the 

biochemistry of the CNS and alterations in these metabolites may precede anatomical changes. 

The most widely used technique for MRS is single voxel spectroscopy, which can be useful if the 

disease is homogeneous, or the disease is focal and the region of interest (ROI) is known. However, 

most CNS diseases such as schizophrenia, Alzheimer’s disease, frontotemporal dementia, etc. are 

heterogeneous in nature and necessitate the acquisition of spectral information at multiple spatial 

locations 36, 37. MR spectroscopic imaging (MRSI) enables the acquisition of spatial and spectral 

information simultaneously. However, for traditional MRSI methods, which use only the phase 

encoding (PE) technique, the total acquisition time can be very lengthy as it samples a single k-

space position per repetition time (TR) and makes it difficult for clinical applications. Techniques 

for simultaneous spatial-spectral encoding (SSE), such as rosette spectroscopic imaging (RSI) can 

accelerate the imaging time to a clinically feasible limit. Therefore, the development of such 

efficient MRSI techniques is critical for clinical applications. 
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The spinal cord (SC) is the linkage between the brain and the surrounding nervous system and 

plays a vital role in pathologies such as multiple sclerosis, cervical spondylotic myelopathy, 

amyotrophic lateral sclerosis, and neurodegenerative diseases 38-42. MRI is routinely used for non-

invasive diagnosis of SC pathology. However, the ability to detect early or subtle pathological 

features in SC pathology is limited by the spatial resolution, contrast to noise ratio (CNR), and 

physiological motion 43-45. Routine Cartesian MRI of the SC is prone to image artifacts caused by 

physiological motion. Non-Cartesian acquisition techniques such as rosette can help reduce the 

artifacts caused by the physiological motion, as the rosette imaging technique is inherently 

insensitive to bulk motion 46-48. The development of such non-Cartesian techniques for SC imaging 

with high spatial resolution, high SNR and CNR, and reduced motion artifacts can be very useful 

in clinical applications. 

Improved non-invasive imaging techniques for quantitative evaluation of hemodynamics, 

endothelial function, and metabolites can be very beneficial in the early diagnosis of different CNS 

and musculoskeletal diseases. Therefore, the aim of this work was to develop efficient and 

improved non-invasive imaging techniques for the assessment of hemodynamic, endothelial, and 

metabolite information in the skeletal muscle and the CNS. The specific goals of this work were 

to demonstrate: (i) the feasibility and repeatability of a novel technique for the combined 

measurement of arterial blood flow, perfusion, venous oxygen saturation, and bioenergetics (31P 

MRS) in the skeletal muscle, (ii) a novel non-contrast technique to measure perfusion and BBB 

permeability using magnetization transfer (MT) and arterial spin labeling (ASL) in the human 

brain, (iii) a robust technique for fast high-resolution 1H MRSI of the human brain using non-

Cartesian (rosette) trajectory, and (iv) a robust technique using motion-insensitive rosette 

trajectory for high-resolution human spinal cord imaging with MT weighting and the application 
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of compressed sensing. These techniques can improve the efficiency in providing hemodynamic, 

endothelial, and metabolic information, which can be very useful in the early diagnosis of a wide 

range of diseases. 
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Chapter 2 

Combined Measurement of Arterial Blood Flow, Venous Oxygen Saturation, Muscle 

Perfusion, and Muscle Bioenergetics following Dynamic Exercise 

 

2.1 Background 

Impaired cellular energy production can play a vital role in muscle debility 49, which is a regular 

manifestation in a number of diseases such as COPD, heart failure, mitochondrial disease, Barth 

syndrome (BTHS), multiple sclerosis (MS) and Parkinson’s disease (PD) 6-10. Inadequate oxygen 

(O2) supply and/or mitochondrial impairment can alter the production of cellular energy, which is 

essential for muscle function. Skeletal muscle O2 extraction has been found to be closely related 

to mitochondrial function 10, 50, 51. Assessment of O2 supply and extraction, combined with muscle 

bioenergetics, can provide important information in understanding the biochemical mechanisms 

of muscle fatigue in pathological conditions. 

Macro-vascular blood flow, microvascular blood flow (perfusion), and venous oxygen saturation 

(SvO2) are tightly coupled, and together they may provide important information about deficits in 

skeletal muscle function. Blood flow within the macro-vasculature is related to the global transport 

of blood, O2, and other nutrients. Perfusion is the delivery of blood, O2, and other nutrients to the 

tissue space. Arterial and venous oxygen saturation measured together with blood flow can provide 

information about oxygen consumption according to Fick principle 52. MRI allows non-invasive 

measurement of dynamic changes in these metabolic parameters. Real-time changes in macro-
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vascular blood flow can be measured from velocity-encoded projections using the phase contrast 

53-55 or complex difference method 56. Perfusion can be quantified using saturation inversion 

recovery (SATIR)57 arterial spin labeling (ASL) technique, a variant of flow alternative inversion 

recovery (FAIR) ASL method, and has been validated to determine muscle perfusion. Venous 

oxygen saturation (SvO2) can be measured using multi-echo gradient recalled echo (GRE) data 

through susceptometry-based oximetry, which depends on the difference in magnetic 

susceptibility between deoxygenated intravascular blood and surrounding tissue 58, 59. Studies have 

concluded that simultaneous measurement of muscle perfusion and SvO2 during reactive 

hyperemia following a brief period of ischemia could successfully detect impaired vascular 

reactivity in patients with peripheral artery disease60. 

In addition, phosphorus magnetic resonance spectroscopy (31P-MRS) is a well-established method 

to measure skeletal muscle biogenetics 61, 62. The rate constant of post-exercise phosphocreatine 

(PCr) resynthesis is inversely proportional to the rate of oxygen consumption. It has been shown 

that post-exercise PCr recovery relies entirely on oxidative adenosine triphosphate production 

indicating that mitochondrial function of skeletal muscles can be determined from analysis of PCr 

recovery following muscular exercise 63. While 31P MRS has been widely applied for muscle 

oxidative capacity, relatively few studies have examined energetics, perfusion, and O2 metabolism 

simultaneously in a single imaging session 64-66. Combining 31P MRS with muscle hemodynamics 

and O2 metabolism offers an improved opportunity to observe the adaptation and capacity of 

working muscle. Recently, simultaneous interleaved acquisition of muscle perfusion by 1H arterial 

spin labeling (ASL) MRI and energy metabolism (31P MRS) in vivo has been demonstrated 

following dynamic exercise to study the recovery kinetics of muscle perfusion and oxidative ATP 
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production in the aging population67. Despite the importance of these approaches, the repeatability 

of these techniques has not been thoroughly investigated. 

In this work, our aim was to determine the repeatability of real-time blood flow measurements and 

SvO2 kinetics with moderate-intensity plantar flexion exercise. We chose the plantar flexion 

exercise since its dynamic contractions are a more accurate model of working muscle than 

isometric muscle contractions. In addition, the exercise of small muscle groups can help isolate 

local hemodynamic and energetic measurements from central system limitations and are more 

representative of the exercise capacity of an individual 68, 69. The specific aims of the study were 

to demonstrate a modified pulse sequence that enables simultaneous rapid imaging of blood flow 

in the popliteal artery, SvO2 in the popliteal vein, and relative perfusion (i.e., change from resting 

perfusion) in the calf muscle following plantar flexion stimulation and determine the repeatability 

of these parameters in healthy individuals. We also investigated the PCr recovery kinetics 

following the same exercise protocol and compared them to hemodynamic measurements. Finally, 

we demonstrated the clinical potential of our multi-parametric imaging with two Barth syndrome 

(BTHS) patients, a disease that affects mitochondrial function7, 70. Our primary hypothesis was 

that assessment of O2 supply and extraction, combined with muscle bioenergetics, may provide a 

better understanding of the biochemical mechanisms of muscle fatigue in pathological conditions. 

The findings of this work have already been published 71.  

 

2.2 Materials and Methods 

2.2.1 Theory 
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Detailed theories to measure skeletal muscle perfusion using arterial spin labeling57, 66, arterial 

blood flow using velocity encoded projections55, 72, 73, and venous oxygen saturation using 

magnetic resonance susceptometry based oximetry74-76 have been described in several studies. 

These theories with necessary modifications for this study are summarized below. 

2.2.1.1 Perfusion imaging 

Saturation inversion recovery (SATIR) is a variant of the classical FAIR ASL approach and has 

been validated previously for perfusion quantification in human leg muscles 57, 66, 67, 77. A 

modification of the SATIR ASL approach was used in this study. SATIR requires the application 

of slice selective (tag, (𝑀𝑆𝑆)) and non-selective (control, (𝑀𝑁𝑆)) inversion pulses, followed by a 

post-labeling delay (PLD), to quantify perfusion in the unit of mL/100g/min. In order to improve 

the temporal resolution and enable adequate sampling of dynamic changes, only a slice selective 

inversion pulse was used in this study. With this limitation, only the change in perfusion (i.e. 

relative perfusion) from a baseline (i.e. resting perfusion value) can be determined instead of the 

actual perfusion. The theory is presented below. 

With only the slice selective inversions, the signal intensities at rest and following exercise are 

given by 57 

𝑀𝑆𝑆,𝑟𝑒𝑠𝑡 = 𝑀0 (1 − 𝑒−(𝑟1+
𝐹𝑟𝑒𝑠𝑡

𝜆
)𝑇) 2.1 

𝑀𝑆𝑆,𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 = 𝑀0 (1 − 𝑒−(𝑟1+
𝐹𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒

𝜆
)𝑇) 2.2 
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Here, 𝑀𝑆𝑆,𝑟𝑒𝑠𝑡 and 𝑀𝑆𝑆,𝑒𝑥𝑟𝑐𝑖𝑠𝑒 are the measured signals with slice selective inversion at rest and 

following exercise respectively; 𝐹𝑟𝑒𝑠𝑡 and 𝐹𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 are the perfusions (mL/100g/min) at rest and 

following exercise respectively; λ is tissue partition coefficient (0.9 mL/g); relaxation rate constant 

𝑟1 = 0.7 s-1 at 3T 78; and T is the post labeling delay (PLD). Optimal value for PLD should be ~ T1 

= 1.4s. However, a smaller value (~0.92 s) is chosen for better temporal sampling of dynamic 

changes 57, 60, 79.   

Eq 2.1 and 2.2 can be rearranged to yield the relative perfusion (Δ𝐹 = 𝐹𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 − 𝐹𝑟𝑒𝑠𝑡) 

Δ𝐹 = −
𝜆

𝑇
𝑙𝑛 (

𝑀𝑆𝑆,𝑟𝑒𝑠𝑡 − 𝑀𝑆𝑆,𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒

𝑀0 − 𝑀𝑆𝑆,𝑟𝑒𝑠𝑡
+ 1) 2.3 

Here, Δ𝐹 is the relative perfusion (i.e., change from resting value) in the unit of mL/100g/min.   

Measured total signal (𝑀𝑆𝑆,𝑟𝑒𝑠𝑡 + 𝑀𝑆𝑆,𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒) from Eq 2.1 and 2.2 can be written as 

𝑀𝑆𝑆,𝑟𝑒𝑠𝑡 + 𝑀𝑆𝑆,𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 = 𝑀0 (2 − 𝑒−𝑟1𝑇(𝑒−
𝐹𝑟𝑒𝑠𝑡

𝜆
𝑇 + 𝑒−

𝐹𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒
𝜆

𝑇)) 2.4 

The term (𝑒−
𝐹𝑟𝑒𝑠𝑡

𝜆
𝑇 + 𝑒−

𝐹𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒
𝜆

𝑇) in Eq 2.4 is approximately constant (i.e., ranges from 1.98 – 

1.99) for physiological range (5 – 100 mL/100g/min) of perfusion in exercising skeletal muscle 

and Eq 2.4 simplifies to 

𝑀𝑆𝑆,𝑟𝑒𝑠𝑡 + 𝑀𝑆𝑆,𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 = 𝑀0(2 − 2𝑒−𝑟1𝑇) 2.5 

With this approximation, Eq 2.3 can be reduced to  
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Δ𝐹 = −
𝜆

𝑇
𝑙𝑛 (

𝑀𝑆𝑆,𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 − 𝑀𝑆𝑆,𝑟𝑒𝑠𝑡

𝑀𝑆𝑆,𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 + 𝑀𝑆𝑆,𝑟𝑒𝑠𝑡
2(1 − 𝑒𝑟1𝑇) + 1) 2.6 

Eq 2.6 shows that, the relative perfusion (Δ𝐹) can be calculated from slice selective labeling data 

only. The error in ∆𝐹 calculated using Eq 2.6 is on the order of 1% or less from the true ∆𝐹 value 

(Figure 2.1). 

 

Figure 2.1: (a) Simulation showing the comparison between actual relative perfusion (Δ𝐹 =

𝐹𝑒𝑥𝑒𝑟𝑐𝑖𝑠𝑒 − 𝐹𝑟𝑒𝑠𝑡, blue) calculated from slice selective (SS) and non-selective (NS) acquisitions, 

and estimated (red) Δ𝐹 based on theory developed in this in this study (Eq 2.6) using only the SS 

acquisitions. Input values for the simulation were 𝑟1 = 0.7 s-1, PLD=0.9 s, λ=0.9 mL/g.  (b) Error 

(%) between actual and estimated relative perfusion is ~1% or less for the physiological range of 

perfusion values. 
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The relatively long PLD has been exploited in several studies to interleave additional pulse 

sequence modules for multi-parametric examination of skeletal muscle physiology, i.e., 

interleaved 31P and 1H ASL64, 67, 80; interleaved perfusion, venous oxygen saturation, T2* and 

flow60, 79, 81. We incorporated a multi-echo GRE sequence during PLD to measure arterial blood 

flow and venous oxygen saturation simultaneously. A schematic of the pulse sequence is shown 

in Figure 2.2.   

 

Figure 2.2: Schematic of the pulse sequence. Outer loop (top) represents the modified SATIR 

perfusion block: tagging – PLD – excitation and acquisition. All the gradients and ADC are not 

shown for clarity. Inner loop (pink) is multi-gradient echo pulse sequence for acquisition of bulk 

blood flow and SvO2. First echo consists of flow encoded projections (no phase encoding) to 

measure flow. Phase encoding is turned on for 2nd and 3rd echoes for full 2D images used to 
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determine venous SvO2. TR for inner block was 32 ms and 28 excitation, i.e., phase encodes (PE) 

can be acquired in PLD = 0.9 s. The combined interleaved sequence was looped for continuous 

data acquisition, i.e., baseline (1 min) – exercise (2 min) – recovery (~ 6 min) as described in the 

experimental protocol section. 

2.2.1.2 Projection flow imaging 

A velocity encoded projection method was used for real-time imaging of blood flow in the 

popliteal artery55. Phase-encoding gradients are turned off to yield a projection of the imaging 

slice. The velocity encoded and compensated projection images are acquired at sequential 

excitations. These images are subtracted to remove the signal from stationary tissue, hence 

isolating the flowing blood. The phase differences of the projection images are converted to 

velocity using standard relation between phase (∆∅) and velocity (v) 54, 81.  

𝑣 =
𝑉𝐸𝑁𝐶

𝜋
∆∅ 2.7 

where 𝑣 = blood velocity (cm/s), ∆∅ is the phase difference between two velocity encoded 

projections, and VENC (cm/s) is the velocity encoding factor chosen to avoid aliasing 54. Velocity 

was converted to flow (ml/s) using the cross-sectional area of the artery.  The projection velocity 

mapping technique was validated in a calibrated flow phantom (Figure 2.3). 
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Figure 2.3: (a) Flow phantom. Static large load and two tubes with flowing water. The velocity 

was controlled with a calibrated water pump. The gradient in signal intensity is due to the 

sensitivity of surface coil placed below the phantom. (b)   Time series of velocity projection 

images. The blue and red vertical stripes represent flow encoded phase difference images of the 

two tubes with flow in opposite directions. (c) Time series plot of velocity for three velocity 

settings. (d) Table showing that average velocity was quantified successfully with the projection 

method. 

2.2.1.3 Venous oxygen saturation (SvO2) imaging 

Venous oxygen saturation (SvO2) was determined using susceptometry-based oximetry, which 

relies on difference in magnetic susceptibility between deoxygenated intravascular blood and the 

surrounding muscle tissue (assumed to have susceptibility of fully oxygenated blood). The 
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susceptibility difference between venous blood and tissue results in a shift in the local magnetic 

field, which can be measured using phase difference (Δ𝜑) of GRE images at different echo times 

(Δ𝑇𝐸). The phase difference is a function of the blood oxygen saturation (𝑆𝑣𝑂2) in the vein and 

the hematocrit (𝐻𝑐𝑡). Using a long cylinder model for the vein, the oxygen saturation in the vein 

can be estimated in units of percent of oxygenated hemoglobin 81-83.  

𝑆𝑣𝑂2(%) = 100 [1 −
2

∆𝜑
∆𝑇𝐸

𝛾𝜒𝑑𝑜𝐻𝑐𝑡𝐵𝑜 (𝑐𝑜𝑠2θ −
1
3)

] 2.8 

Where ∆𝜑= phase difference of the two GRE images acquired at two echo times, 𝛾= proton 

gyromagnetic ratio (42.576 MHz/T), ∆𝑇𝐸 =difference of two echo times, 𝜒𝑑𝑜= 4π×0.27 ppm 72, 84 

is the susceptibility difference between deoxygenated and oxygenated red blood cells, Hct 

(hematocrit) = 0.43 72 and θ is the vessel tilt angle with respect to main magnetic field. Pilot 

experiments confirmed that interleaved velocity projection imaging with dual echo GRE does not 

cause artifacts (Figure 2.4). 

 

Figure 2.4: Double echo GRE for SvO2 measurement. (a) Reference image. (b) Phase difference 

image of the phantom. (c) Field inhomogeneity is reduced by fitting to second order polynomial. 

It should be noted that static field inhomogeneity is expected to be more severe in phantom because 

(c)(b)(a)
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of the field gradients caused by the air phantom interface. Retrospective correction of magnetic 

field inhomogeneity is effective in reducing the effect of the background field on measuring SvO2 

using susceptibility-based oximetry. 

2.2.2 Pulse sequence design 

The schematic of pulse sequence is shown in Figure 2.2. The perfusion module consists of a slice 

selective inversion spin tagging pulse followed by post-labeling delay (PLD) (outer loop). The 

phase encoding was disabled giving a projection of the imaging slice (distal location) resulting in 

bulk perfusion estimate summed over the slice. Slice profile of the adiabatic blood tagging pulse 

was experimentally measured to confirm that it does not affect the bulk flow and SvO2 

measurements (Figure 2.5). A multi-echo GRE module (inner loop) was interleaved during PLD 

to measure flow and SvO2 at proximal slice location (inner module, Figure 2.2). The phase 

encoding gradients are turned off for the first echo and velocity encoded projections of the imaging 

slice are obtained. The velocity encoding and compensation gradients are toggled every TR, and 

subtraction of the two resulting images allows the quantitative assessment of arterial velocity at a 

temporal resolution of 2  TR. Phase encoding is enabled for the second and third echoes yielding 

2D images for magnetic field mapping used for SvO2 measurements. The temporal resolution for 

SvO2 is equal to the number of phase encodes  TR.  
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Figure 2.5: Experiment to determine slice profile of the adiabatic inversion pulse used for 

perfusion spin labeling. (a) Reference image of phantom. (b) 1D projection profile, i.e., phase 

encoding is turned off and data is acquired with non-selective excitation and in presence of readout 

gradient. (c) 1D profile acquired as average of two excitations with and without slice selective 

adiabatic inversion pulse. The sum of two acquisition eliminates the signal from the inverted slice 

location. Near zero signal demonstrates excellent efficiency of adiabatic inversion pulse. (d) 
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Profile of the adiabatic inversion pulse used in the experiment. Signal outside the selected slice is 

essentially zero indicating excellent localization of the adiabatic pulse. 

2.2.3 Recruitment 

The study was approved by the Washington University in St. Louis Human Studies Committee 

and all the subjects provided informed consent before participating in the study. Eight healthy 

subjects age = 38 ± 11 years, weight = 80 ± 10 kg participated in the study (5 male). Seven out 

of those eight subjects also participated in 31P MRS study immediately after the 1H hemodynamic 

scans. Inclusion criteria were normal range of motion (>20o) for ankle joint flexion and no history 

of metabolic disease, heart failure, COPD, or neuromuscular disease. All subjects were non-

smokers and were asked to refrain from alcohol or competitive exercise training 24 hours before 

the scan. In addition, two participants with BTHS (age=19 and 26 years, weight=67 and 89 kg 

respectively) also participated the study. All participants were right-handed and only the right leg 

was imaged. Siemens 3T Magnetom (Erlangen, Germany) with broadband capabilities was used 

for all the experiments.  

2.2.4 Experimental protocol 

2.2.4.1 Exercise design 

Exercise consisted of unilateral plantar flexion against a force adjusted to 30 % MVIC using a 

pressurized pneumatic cylinder. MVIC was measured in a prior visit using a dedicated 

dynamometric ergometer (Biodex Medical Systems, Inc; Shirley, New York). During this visit, 

the participants were seated on dynamometer with the knee fully extended and supported by the 

chair. The pelvis and lower leg were secured with straps to avoid unnecessary movement. The foot 
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was placed in the dynamometer dorsiflexion (DF)/plantar flexion attachment with the ankle in the 

neutral position. The test consisted of three maximal isometric contractions sustained for 3 

seconds. One minute rest was provided between successive contractions. 

During the scanning visit, the volunteers were positioned supine on the MR table with their right 

foot firmly strapped to a pedal of a home-built plantar flexion exercise device compatible in MR 

environment (Figure 2.6). Velcro straps were fastened over the subject’s leg to prevent the 

displacement of the leg relative to the MRI coil. After the initial familiarization period, the 

participants were given at least 10 min rest before the experiment protocol. During the exam 

protocol, each participant performed 30 plantar flexions at a cadence of 1 plantar flexion exercise 

every 2 sec. An audio click was provided to the participant and was used to maintain plantar flexion 

repetition rate during exercise. All subjects performed two repeated exercise bouts, separated by 

at least 10-min recovery period. Flow, SvO2 and relative perfusion measurements were performed 

at rest, during plantar flexion, and at least 5 minutes during recovery from exercise. 

At the completion of proton imaging the MRI table was pulled from the scanner, and a homebuilt 

31P/1H surface coil with 8 cm diameter for the phosphorus coil replaced the body array coil. The 

subject was not removed from the table only the coils were switched. The subject performed the 

exact same exercise protocol for 31P energetic measurements. Exercise performance was 

monitored using Digital Gauge and Transmitter (Ashcroft Industries, Stratford, CT) and USB-

6009 Data Acquisition unit (National Instruments, Austin, TX).  
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Figure 2.6: Picture of home-made plantar flexion exercise device. (a) Velcro straps secure the 

subjects leg and foot to the device. Air pressure in the calibrated pneumatic cylinder provides the 

resistive force. Arrows point to the stops used to control the range of motion. (b) A groove under 

subject’s leg secures the RF coil and prevents it from sliding. 

2.2.4.2 Acquisition protocol 

2.2.4.2.1 1H MRI acquisition  

To visualize the anatomy, multi-slice gradient echo images were acquired at two locations (knee 

for flow and SvO2 and calf for perfusion ) with following acquisition parameters: 512  512 

acquisition matrix, 192  192 mm2 field of view, 5 mm slice thickness, TR/TE = 20/6.14 ms, 326 

Hz/pixel receiver bandwidth, 20 flip angle. Typical location of two slices is shown in Figure 2.7. 

The proximal slice (SL-1) was used for velocity-encoded projections and dual echo GRE images; 

and the distal slice (SL-2) for perfusion measurements. Siemens whole body volume coil was used 

for transmit. and the surface body array coil placed longitudinally under the leg was used for signal 

reception. Longitudinal placement of the coil provides sufficient coverage to image both slices. 

(a) (b)
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Figure 2.7: (a) Schematic of plantar flexion exercise setup in the scanner. The foot and leg are 

firmly secured to the exercise device. Resistance to exercise was provided by air pressure in the 

calibrated pneumatic cylinder. (b) Typical locations of the two slices used for interleaved data 

acquisition. (c) Representative slice for blood flow and SvO2. (d) Slice for relative perfusion 

measurements. 

The parameters for perfusion projection imaging were: 5 mm slice thickness, 256 acquisition 

matrix (phase encoding is disabled), 256  192 mm2 FOV, 500 Hz/pixel bandwidth, flip angle = 
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20.  An 8.6 ms adiabatic hyperbolic secant inversion pulse was used for spin tagging. Only slice 

selective inversion pulses were used with tagging slice thickness = 2  imaging slice thickness. 

Temporal resolution for perfusion projections was  0.92s (with PLD=0.9 s; and additional 20 ms 

for spoiling gradients and saturation pulses). Acquisition parameters for multi-echo GRE module 

interleaved in PLD for flow and susceptometry imaging were: 5 mm slice thickness, 256  192 

acquisition matrix, 256  192 mm2 FOV, 500 Hz/pixel bandwidth, flip angle = 20. Repetition 

time (TR) for each excitation was 32 ms, echo times = 4.92, 9.84 and 14.76 ms, and 𝑣𝑒𝑛𝑐= 150 

cm/s.  During each PLD, 28 phase encoding lines for GRE images were acquired.  

2.2.4.2.2 31P MRS acquisition  

Multi-slice proton MR localizers were initially acquired to determine the position of the leg with 

respect to the surface coil. Automatic localized shimming procedure was performed before 31P 

data acquisition. MR data were acquired throughout the rest-exercise-recovery protocol with the 

following parameters: 2.56 ms adiabatic half passage excitation pulse, 2 s recovery time, 1024 data 

points, and 2.5 kHz spectral width. Fully relaxed (TR = 20 s, 4 averages) and partially saturated 

(TR = 2 s, 40 averages) spectra were acquired at rest to determine partial saturation correction 

factors.  

2.2.5 Data analysis 

2.2.5.1 1H MRI Analysis  

Data analysis was performed offline with custom software written in MATLAB (MathWorks, 

Natick, MA). Relative perfusion (∆𝐹) throughout the rest-exercise-recovery protocol is calculated 

using Eq 2.6. The signals from first ten projections at rest were averaged and used as 𝑀𝑆𝑆,𝑟𝑒𝑠𝑡. 
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Relative perfusion from each projection was averaged excluding 10 % of the projection from 

terminal sides. The time course of ∆𝐹 in general did not demonstrate exponential behavior; 

therefore, fitting it to mono-exponential decay was not justified and would convey little 

information. Cumulative ∆𝐹 area under the curve (AUC) was determined as marker of post 

exercise hyperemia 66.  

Velocity was calculated from the phase difference of the velocity encoded and compensated 

projection images using Eq 2.7. The background static tissue signal was eliminated by fitting the 

static tissue signal to a 2nd order polynomial and interpolating the tissue signal for arterial region 

and subsequently subtracting the interpolated arterial static tissue signal from the arterial blood 

signal. The vessel boundaries and average vessel diameter were determined by averaging several 

phase difference images, which provide high contrast between vessels and static tissue. The 

diameter of the vessel was used to convert the velocity to blood flow rate in ml/s. The time-course 

(averaged over 10 cardiac cycles to eliminate pulsatile effects) for popliteal artery blood flow was 

used to evaluate post-exercise recovery time constant modeled as a single exponential. The blood 

flow in the vein was not calculated because VENC was chosen to avoid aliasing due to high post-

exercise arterial blood velocity and far exceeds the blood velocity in the vein. 

SvO2 was calculated from the phase difference of the GRE images acquired at two different echo 

times. After unwrapping, the static field inhomogeneity was determined by fitting the phase 

difference image to a second-order polynomial surface in a ROI surrounding but excluding the 

blood vessels as described before82. This static field inhomogeneity was subtracted from the 

unwrapped phase difference image, and SvO2 was calculated using Eq 2.8. Post-exercise SvO2 

recovery time constant was calculated by fitting the recovery SvO2 to a mono-exponential curve. 
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2.2.5.2 31P MRS Analysis  

Processing of 31P MRS spectra was done using jMRUI (Java-Based Magnetic Resonance User 

Interface) software 85. Nonlinear least-squares algorithm (AMARES) was used to fit the spectra in 

the time domain using known 31P resonance frequencies and J-couplings as described before 62, 86-

88. Adenosine triphosphate (ATP), phosphodiesterase (PDE), PCr and inorganic phosphate (Pi) 

were fitted to Lorentzian line shapes. PCr and Pi absolute concentration was calculated assuming 

resting [ATP] = 8.2 mmol/L 62, 89. Post-exercise PCr recovery was fitted to single exponential curve 

to measure recovery time constant τPCr 62: 

𝑃𝐶𝑟(𝑡) = ∆𝑃𝐶𝑟 ( 1 − 𝑒
−𝑡

𝜏𝑃𝐶𝑟  ) + 𝑃𝐶𝑟𝑒𝑛𝑑 2.9 

where 𝑃𝐶𝑟𝑒𝑛𝑑 is the PCr concentration at the end of the exercise and 𝛥𝑃𝐶𝑟 =  [𝑃𝐶𝑟]𝑟𝑒𝑠𝑡 −

𝑃𝐶𝑟𝑒𝑛𝑑. Initial PCr recovery rate 𝑉𝑖𝑃𝐶𝑟 was calculated using 62 

𝑉𝑖𝑃𝐶𝑟 =
∆𝑃𝐶𝑟

𝜏𝑃𝐶𝑟
 2.10 

Maximal oxidative flux 𝑄𝑚𝑎𝑥  was calculated using 62, 63 

𝑄𝑚𝑎𝑥 =
[𝑃𝐶𝑟]

𝜏𝑃𝐶𝑟
 2.11 

2.2.6 Statistical analysis 

Test–retest repeatability was measured by repeating the exercise and imaging protocol with at least 

a 10-minute rest interval. Coefficient of variation (CV) was used to determine repeatability, i.e., 
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to determine the degree to which repeated measurements vary for individuals90. Bland-Altman 

analyses and average intraclass correlation coefficient (ICC) were used to assess the agreement of 

measured parameters at rest, immediately post exercise, and time constants of recovery between 

the two trials90, 91. All data are reported as mean  standard deviation.  

 

2.3 Results 

Typical locations for slices and representative axial images are shown in Figure 2.7. The proximal 

slice (SL-1) shows typical view of the popliteal artery and vein, and the distal slice (SL-2) shows 

location of relative perfusion and 31P acquisition.  

2.3.1 Relative perfusion (∆𝑭)  

Figure 2.8b shows representative real-time relative perfusion weighted projections acquired during 

rest-exercise-recovery protocol and time course of ∆𝐹 averaged over the slice (Figure 2.8c). ∆𝐹  

increased to 51.83±15.00 mL/100g/min immediately following cessation of plantar flexion 

exercise. Post exercise hyperemia (AUC) was 88.45  35.75 mL/100g/min. The results are 

summarized in Table 2.1. ∆𝐹 during the exercise was not determined due to excessive movement. 
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Figure 2.8: (a) Scout image at the location of leg where perfusion projections were acquired. The 

image is rotated for 90 to correspond to the projections. (b) Time series of projections showing 

the relative change in perfusion. The signal between the two horizontal lines was integrated to 

generate the relative perfusion (∆𝐹) time series plots. (c) Relative perfusion time course plot. Blue 

and red plots indicate test-retest repeatability. 

Table 2.1: Arterial blood flow (popliteal artery), venous oxygen saturation (popliteal vein) and 

relative perfusion (calf muscle, peak and area under the curve (AUC)) values (mean±SD) from all 

subjects for 1st and 2nd measurements with intra-class correlation coefficient (ICC), coefficient of 

variation (%CV), and correlation coefficient (R). 

  Measurement    

  

1st 2nd ICC % CV (range) R 

Flow 

(mL/s) 

 

Rest 1.71  0.56 1.87  0.63 0.8 11.9 (0.7  23.6) 0.81 

Post Exercise 11.18  3.17 11.28  

3.29 

0.95 8.3 (1.04  18.2) 0.89 

Time 

Constant 

36.74  6.02 39.32  7.9 0.86 6.7 (1.4  15.9) 0.82 

       

 Rest 69.44  4.20 71.48  

5.33 

0.89 4.48 (0.2  9.6) 0.90 
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SvO2 

(%) 

 

Post Exercise 45.23  6.24 46.62  7.1 0.92 2.23 (0.2  5.7) 0.87 

Time 

Constant 

67.65  

14.18 

74.7  

14.92 

0.88 8.72 (1.7  15.6) 0.88 

       

∆𝐹 

(mL/100g/min) 

Post Exercise 52.81  

15.96 

50.84  

15.0 

0.86 13.5 (0.7  42.2) 0.73 

AUC 85.82  

28.79 

91.08  

42.7 

0.88 19.5 (7.3  43.6) 0.83 

SvO2 =venous oxygen saturation, AUC=area under the curve, ΔF=relative perfusion. 

2.3.2 Flow 

A representative data set for flow imaging is shown in Figure 2.9.  The time series of phase 

difference images between velocity encoded projections (Figure 2.9b) was used to calculate the 

time course of velocity and flow (Figure 2.9c and 2.9d). At rest, blood flow in popliteal artery for 

the healthy individuals was 1.79 ± 0.58 mL/s and increased to 11.18±3.02 mL/s immediately after 

the cessation of exercise. The blood flow recovered to resting value with time constant of 38.03 ± 

6.91 s. The results are summarized in Table 2.1. 
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Figure 2.9: (a) Scout image of the slice for blood flow quantification. (b) Time series of velocity 

projection. Each horizontal row is one projection, and the vertical axis is the time series. Blue and 

red vertical bars are the velocity encoded phase for the popliteal vein and artery.  Inset is the phase 

difference plot of one projection before (blue) and after (red) static tissue signal removal. (c) Time 

course of blood velocity in the artery with magnified view showing tri-phasic flow waveform in 

the inset caused by heartbeats. (d) Blood flow was calculated by converting time-average velocity 

over several heartbeats into ml/s using the diameter of the popliteal artery; where blue and red 
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plots indicate test-retest repeatability. The shaded region indicates exercise period and was not 

included in data analysis due to motion artifacts. 

2.3.3 SvO2 

Figure 2.10 shows a sample magnitude image (Figure 2.10a); phase difference images, before 

(Figure 2.10b) and after (Figure 2.10c) background field correction; and time course of the 

popliteal vein SvO2 (Figure 2.10d). The phase contrast between the artery and vein is due to 

susceptibility between oxygenated and de-oxygenated blood. SvO2 at rest was 70.46±4.76 % and 

decreased to 45.93±6.5 % immediately after the cessation of exercise. It recovered to resting value 

with time constant 71.19±14.53 s (Table 2.1). 
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Figure 2.10: Illustration of the susceptometry-based oximetry imaging. (a) High-resolution scout 

image of SvO2 slice. (b) Field map for SvO2 quantification before field inhomogeneity correction. 

(c) Field map after field inhomogeneity correction that was used to calculate SvO2. (d) Time course 

of SvO2 in the popliteal vein where blue and red plots indicate test-retest repeatability at temporal 

resolution of ~ 6.5 sec.  

2.3.4 31P Energetics 
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Typical 31P MRS spectra are shown in Figure 2.11. PCr and Pi concentration at rest were 34 ± 2.4 

mM and 2.8±0.6 mM respectively. Average 𝜏𝑃𝐶𝑟 was 34.5±7.5 s, 𝑉𝑖𝑃𝐶𝑟 = 0.36±0.11 mM/s and 

Qmax = 1.01±0.18 mM/s and are all within range of healthy individuals.  

 

Figure 2.11: (a) Typical 31P MR spectrum from a healthy control detailing the peaks of inorganic 

phosphates (Pi), phosphodiesters (PDE), phosphocreatine (PCr) and three adenosine triphosphate 

(γ-, -, -ATP). (b) Representative PCr magnitude from healthy control showing exponential fit.  

2.3.5 BTHS Patient results 

Clinical importance of multi-parametric mapping was demonstrated in two Barth syndrome 

subjects (Figure 2.12). Flow and relative perfusion displayed similar characteristics between 

healthy individuals and Barth patients. PCr recovery was significantly slower in Barth patients 

with 𝜏𝑃𝐶𝑟 = 92.5±23.6 s and 𝑄𝑚𝑎𝑥  = 0.41±0.13 mM/s, indicating severely impaired mitochondrial 

oxidative capacity. Resting SvO2 was similar between patients and healthy controls; however, post 
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exercise results indicate higher SvO2 (i.e. reduced oxygen extraction) and faster recovery (time 

constant ~ 20 s) in patients.  

 

Figure 2.12: Comparison of recovery curves between healthy controls and BTHS patients 

following plantar flexion exercise. (a) Blood flow in the popliteal artery and (b) lower leg relative 

perfusion kinetics are similar between the two groups. Error bars are not displayed for clarity. (c) 

Kinetics of PCr signal intensity in Barth patients (red) are significantly slower than controls. (d) 
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SvO2 drops in both groups immediately after exercise; however, SvO2 drop in patients is much 

lower (low oxygen extraction from blood), and recovery is faster than controls.  

2.3.6 Repeatability of measured variables 

Figure 2.13 shows the Bland-Altman plots for different measured parameters: flow and SvO2 at 

rest, immediately after the exercise and recovery time constant of flow and SvO2. Figure 2.14 

shows the Bland-Altman plot for relative perfusion. Bland-Altman plots demonstrate random 

variation across the sampling range, albeit with small bias. The mean differences were 0.04 for 

blood flow at rest, 1.179 for flow after exercise, 2.585 for flow recovery time constant, 1.394 for 

SvO2 at rest, 0.4475 for SvO2 after exercise and 3.004 for SvO2 recovery time constant. Mean 

differences for post-exercise Δ𝐹 and area under the curve (AUC) were 1.572 and 14.05 

respectively. In all cases, the line of zero bias was within the limits of agreement. 
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Figure 2.13: Test–retest Bland–Altman plots for flow and SvO2 at rest (a, b), immediately 

following exercise (c, d), and time constant of recovery from exercise (e, f). 
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Figure 2.14: Test–retest Bland–Altman plots for relative perfusion following exercise (a) and area 

under the curve (AUC) during recovery (b). 

Repeatability statistics (ICC, % CV, and correlation) for all variables measured are presented in 

Table 2.1. Relative repeatability of the hemodynamic variables measured by ICC ranged between 

0.8 and 0.95 (lowest for resting flow). CV ranged from 2.23% to 19.5% with maximum CV for 

post-exercise AUC. Correlation plots (Figure 2.15) demonstrate very good linear relationship 

between test-retest for all measured variables and R ranged from 0.73 to 0.90. 
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Figure 2.15: Test–retest correlations for all parameters: blood flow (a), venous oxygen saturation 

(SvO2) (b), and relative perfusion (c). 
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2.4 Discussion 

In this study, we addressed four things: 1) presented a theory to measure the relative perfusion 

(i.e., change from the resting perfusion) from the slice selective ASL acquisitions only; 2) 

demonstrated a pulse sequence for simultaneous time-resolved measurement of bulk arterial blood 

flow, venous oxygen saturation, and microvascular perfusion in activated muscle; 3) evaluated the 

repeatability of the measured parameters, and 4) measured bioenergetics parameters in the same 

study session under similar conditions. The sequence was designed such that temporal resolution 

enabled us to assess dynamic changes in blood flow, SvO2, and relative perfusion following 

standardized exercise protocol. In addition, we demonstrate the importance of multi-parametric 

imaging of skeletal muscle in Barth syndrome, which affects mitochondria. Although several 

correlations can be determined from the measured data, we would like to emphasize that the 

purpose of this study is to demonstrate an easily implementable and repeatable protocol to measure 

these metabolic parameters. This study was not designed to determine physiological insights into 

flow, oxygen consumption, and energetics, which would require additional potentially invasive 

tests. The results illustrated in Table 2.1 and Figure 2.13, 2.14, and 2.15 demonstrate a high test–

retest repeatability, signifying that the experimental procedures and acquisition protocol are 

feasible for larger research studies.  

The repeatability measures of real-time muscle hemodynamic parameters have been scarcely 

investigated. Only two studies have investigated the repeatability of blood flow and SvO2 in the 

femoral vein in conjunction with dynamic knee extensor exercise72 and perfusion in the calf muscle 

with plantar flexion exercise92. The repeatability of simultaneous measurement of arterial blood 

flow, venous oxygen saturation, and muscle perfusion after dynamic plantar flexion exercise and 

its relationship to near simultaneous measurement of phosphocreatine (PCr) kinetics have never 
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been experimentally determined. This is the first report to demonstrate the repeatability of multi-

parametric simultaneous measurement of several hemodynamics parameters in the calf muscle in 

response to plantar flexion. Calf muscle was chosen in this study because it is commonly preferred 

for 31P bioenergetics studies and convenient for the subjects. Small muscle exercise also isolates 

the contributions from cardiac limitations and enables targeted skeletal muscle metabolic studies. 

Repeatability of 31P parameters has been a topic of research in a large number of studies and, 

therefore, was not addressed in this study 93-96. 

Exercise increased the macro-vascular blood flow and relative perfusion, while decreasing SvO2 

in exercise-stimulated lower leg region. Blood flow increased to 11.18 ± 3.02 mL/s from a resting 

value of 1.79 ± 0.58 ml/s, i.e., ~6 times over baseline in the popliteal artery in response to exercise. 

Prior studies with similar lower leg exercises reported a peak blood flow of approximately 5-37 

mL/s from a baseline of approximately 1.33-5 mL/s 72, 81, 97. Venous oxygen saturation dropped by 

~35% as active muscle extracts O2 from blood for metabolic needs. Comparison of the present 

metabolic changes with existing data is complicated due to differences in the muscle stimulation 

protocol, studies in different muscle groups, and subject characteristics. Nonetheless, the results 

presented here are within physiological range and comparable with the values reported in the 

literature 72, 81. 

Table 2.1 and Figure 2.13, 2.14, and 2.15 show good test–retest repeatability in flow, SvO2 and 

∆𝐹 measurements. Poorest repeatability was seen in resting blood flow. High VENC (150 cm/s) 

was chosen to avoid the aliasing of velocity-dependent phase changes in peak blood velocity post 

exercise. This VENC is not optimal to measure blood velocity at rest, leading to low SNR, and 

might contribute to poor repeatability of resting flow.   
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ASL is used widely in skeletal muscle research with spatially and temporally resolved resolutions, 

and mismatch between perfusion and metabolism may lead to muscle dysfunction66, 98. High 

temporal resolution and excellent SNR is mandatory to characterize post-exercise perfusion time 

course. To improve the temporal resolution and for adequate sampling of the exercise-related 

changes in perfusion, we measured the relative perfusion with the slice selective acquisitions only. 

This approach can be very useful in such dynamic studies, and the error introduced by the proposed 

technique is expected to be <1% for the physiological range of perfusion values. To achieve the 

high temporal resolution and SNR reported in the present study, we also used projection imaging. 

This is a major limitation of the current study since post-exercise perfusion is expected to be 

heterogeneous with differences in the temporal response between different muscle groups. We 

admit that due to lack of specificity of the signal from metabolically active muscles, it would be 

difficult to draw conclusions about physiologically relevant information in these perfusion studies. 

Future sequence design could address this issue by replacing the projections with fast acquisition 

techniques to get full 2D images. 

We found that exponential fit was not suitable to model post-exercise recovery of the perfusion 

signal and the time constant of such a model fit would convey no information. We measured post-

exercise cumulative area under the curve (AUC, arbitrary units) for 5 minutes following the end 

of exercise. Previously AUC parameter has been successfully used to demonstrate diminished 

perfusion in the elderly population when compared to young 66. In our study, the relative perfusion 

increased to ~52 mL/100g/min immediately after the exercise. Prior studies with similar kinds of 

exercise stimulation reported a peak value of perfusion in the range of 43-84 mL/100g/min 66, 79, 

81, 92. Both end-exercise peak relative perfusion and AUC demonstrate excellent repeatability (ICC 

> 0.85). RF excitation of the proximal slice (slice 1, Figure 2.2) might cause slight imperfection in 
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the perfusion weighting when some of the tagged blood spins from this proximal slice are delivered 

to the distal slice (slice 2, Figure 2.2). This effect is difficult to quantify without additional 

experiments. However, this bias would result in a slight underestimation of the perfusion and 

should have a minor impact on the results. A previous study has shown that near simultaneous 

excitation of adjacent slices does not appreciably affect the perfusion measurement 81.  

Select few studies have explored perfusion and 31P energetic studies in skeletal muscle 

simultaneously or in a single session64-67. We demonstrated that multi-parametric (i.e., bulk flow, 

SvO2, relative perfusion (∆𝐹), and 31P energetics) measurements in clinically feasible scan time 

(i.e., less than an hour), is possible. Fast acquisitions of different metabolic relevant parameters 

not only reduce experimental time but also provide several types of information for better 

assessment of  muscle physiology. A comparison of our results from healthy subjects with the 

results from studies using similar exercise protocols shows very good agreement regarding 

bioenergetics parameters 62.  

Clinical potential of the technique was demonstrated in Barth (BTHS) patients. BTHS is 

characterized by mutations in the gene encoding for tafazzin (TAZ) 70. Mutations in TAZ results 

in an increase in monolysocardiolipin and reduction in tetralinoleoyl-cardiolipin, leading to 

smaller and fragmented mitochondria and markedly reduced respiratory capacity. Skeletal muscle 

bioenergetics, as determined from post-exercise PCr recovery kinetics (34.5 ± 7.5 s control, vs 

92.5 ± 23.6 s patients) and oxidative capacity (1.01 ± 0.18 mM/s control vs 0.41 ± 0.13 mM/s 

patients) using 31P MRS, were severely impaired in BTHS patients, and these results agree with 

previous reports62. A novel finding in this work is that the O2 extraction from the blood was 

severely impaired (Figure 2.12d), and post-exercise recovery time constant of SvO2 (~ 20 s) is 

significantly shorter than that of healthy control (~ 70 s). The physiological mechanism behind 
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this is beyond the scope of current study; however, it is interesting to consider parallels with excess 

post-exercise oxygen consumption (EPOC)99, 100. It is known that after exercise the body needs 

sustained oxygen consumption as it needs to replace the oxygen used by working muscles for 

replenishment of energy resources. In healthy individuals, the SvO2 recovery time constant (70.46 

 4.76 s) is ~ 2 times higher than that of the PCr recovery time constant (34.5 ± 7.5 s), which is 

consistent with whole-body elevated oxygen uptake in recovery. However, in patients, the SvO2 

dynamics recover faster than the PCr, indicating reduced oxygen availability for ATP production. 

In contrast to energetic and SvO2 measurements, the blood flow and relative perfusion 

characteristic in the patients were not different from the healthy controls, which suggests that 

central (i.e., cardiac) impairment is not a limiting factor. The reasons behind this will be addressed 

in more targeted future studies. 

There are several limitations that need to be addressed. A requirement for the repeatability of 

measured parameters is related to the muscle power output. We did not digitally record the output 

from the ergometer. However, monitoring increased pressure when the pedal was fully depressed 

ensured that the participants complied with the exercise protocol, and subject compliance was 

enforced with constant verbal feedback. To improve the repeatability of measurements, it is 

recommended that the power output and work performed by the subject should be recorded and 

used to normalize the effort. Another potential limitation is multiple exercise bouts with a 

relatively short rest period. Multiple exercise bouts have shown adaptation of muscle metabolic 

and energetic response, i.e., first exercise session may potentially alter the parameters measured in 

the following acquisitions101, 102. It is possible that the muscle hemodynamics did not return to 

baseline due to relatively short rest periods in this study. Low work load exercise was designed to 

reduce this complication. A limitation of the SvO2 quantification method is the assumption of 
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cylindrical approximation for blood vessels and that they are oriented along the direction of 

magnetic fields. This has been studied previously, and the absolute error in SvO2 was found to be 

less than 2% for elliptical cross-section with tilt correction 83.  Fick’s principle can be used to 

calculate skeletal muscle oxygen consumption by combining bulk blood flow with arteriovenous 

oxygen difference and muscle mass 52. This requires measurement of the muscle mass, which was 

not measured; hence, an estimate of muscle oxygen consumption is not available. Several factors 

can affect blood flow and mitochondrial function (i.e., physical activity levels, nutritional status, 

pathologies, lifestyle, etc.), which are highly varied and therefore difficult to control. All subjects 

in this study were recreationally physically active, i.e., no regular exercise, and free of overt 

disease, so the findings of this study might not apply in subjects  with pathological conditions, 

unfit participants, or subjects with varying physical activity levels. 

In summary, we demonstrated the feasibility and repeatability of noninvasive measurement of 

arterial blood flow, venous oxygen saturation, and bulk changes in relative perfusion after muscle 

stimulation. Our results are in close agreement with previous reports and within the physiological 

range. We further demonstrated the measurement of muscle energetics during the same session 

without lingering effects of multiple exercise bouts. Although further validation is required in 

patient populations, these techniques have great potential to enable the study of multiple related 

parameters. It can play a vital role in monitoring and management of patients with a broad range 

of diseases that directly or indirectly affect muscle hemodynamics and metabolism. 
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Chapter 3 

Non-contrast Estimate of Blood-Brain Barrier Permeability in Humans using Arterial Spin 

Labeling and Magnetization Transfer 

 

3.1 Background 

The blood-brain barrier (BBB) plays the most important role in regulating water and nutrients 

delivery between vascular space and tissue space in the central nervous system (CNS) 24. The BBB 

integrity is critical for the protection of the CNS as it restricts neurotoxins and macromolecules, 

providing a suitable functional environment for the nervous system 25. Disruption in the BBB may 

cause the alteration of normal functional activity of the nervous system. CNS diseases, such as 

multiple sclerosis, Alzheimer’s disease, Parkinson’s disease, brain tumor, stroke, etc., are 

associated with compromised BBB 26-30. 

Currently, the most widely used methods to evaluate BBB permeability are computed tomography 

(CT) and dynamic contrast-enhanced (DCE) MRI 103. CT provides estimates of BBB permeability 

via passive transport of iodinated contrast agents 104. DCE MRI uses an injection of gadolinium 

(Gd) based contrast agent such as Gd-DTPA and is sensitive to major BBB leakage, but its ability 

to detect subtle disruption of BBB at an early stage of disease is challenging 105-108. CT exposes 

patients to radiation, and DCE is not feasible for patients with impaired kidney function and is 

associated with contrast agent deposition in the brain with potential neurotoxic side effects 109, 110.   
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Arterial spin labeling (ASL) MRI measures perfusion using magnetically labeled water as an 

endogenous tracer, which has been applied successfully in the brain and other organs79, 111, 112. The 

conventional ASL model assumes that water is freely diffusible between the intravascular and the 

extravascular compartment; however, this assumption is not valid in the brain and several studies 

have shown restricted water exchange between the vascular and the tissue space 15, 20-23 with the 

BBB playing a central role in restricting the water exchange between the two compartments. 

Modification to the ASL pulse sequence that can differentiate between the labeled water signal 

from vascular and tissue compartments will allow estimation of the water that leaves the 

vasculature and enters the brain tissue, enabling the determination of BBB permeability. The 

advantage of using endogenous water is that the small molecular weight of water potentially makes 

it more sensitive to the subtle changes of BBB permeability in the early stage of disease 113.  

Several non-invasive MRI approaches have been demonstrated to estimate BBB permeability.  

Intra‐ and extravascular water exchange can be quantified using differences in T1 or T2 relaxation 

time constants. However, these techniques are prone to low SNR, and the effect of tissue 

oxygenation on relaxation times can cause errors in the measurement 16, 114-117. Another approach 

is to use phase-contrast velocity-encoding to estimate the fraction of labeled arterial blood that 

drains directly into cerebral veins, but the measurements are limited to global (whole brain) 

estimates117. Estimation of BBB water exchange rate has been demonstrated with diffusion-

weighted (DW) – ASL techniques118-121. DW-ASL approaches require complex signal models with 

regularizing algorithms to smooth and improve the signal-to-noise ratio, and involve difficult 

deconvolution approaches. Bulk motion in DW-ASL based approaches can further complicate the 

calculation. 
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Brain tissue and vascular water have different magnetization transfer (MT) effects due to the 

presence of macromolecules in the brain tissue. When macromolecules are saturated with 

additional off-resonance RF pulses during ASL signal acquisition, the vascular water experiences 

little or no MT compared to the tissue water 122, 123. A comparison of perfusion signals measured 

with and without MT thus enables estimation of water extraction fraction (E) and permeability 

surface area product (PS). This MT-based ASL technique has been previously validated in rats by 

changing the cerebral blood flow and chemical disruption of the BBB 20.   

This approach has not been demonstrated in human studies. The previous study on rodents used 

the CASL sequence, which is not preferred for human studies, especially at the ultra-high field due 

to the excessive amount of RF power deposition. The CASL approach also requires a two-coil 

setup with excellent RF isolation between the labeling coil and the detection coil to enable arterial 

spin labeling without saturation of brain macromolecular spins. This requires additional hardware 

and is not practical for a 7T human scanner. The purpose of this study was to develop a new pulse 

sequence to measure water extraction fraction, BBB permeability, and magnetization transfer ratio 

(MTR) in human subjects at 7T. We used a FAIR QUIPSS II ASL approach developed by Wong 

et al. 111 with additional MT saturation pulses turned ON/OFF in an interleaved fashion to acquire 

perfusion signals in the presence and absence of the macromolecular saturation. We demonstrate 

the first application of the MT-FAIR pulse sequence to measure BBB permeability in human 

subjects. We also present updated solutions to the Bloch equation that include the magnetization 

transfer effect. These solutions are similar to the ones previously presented for the CASL sequence 

but have been modified for the FAIR approach 124.  We evaluated the test-retest reproducibility 

and the sensitivity of the approach to measure changes in BBB permeability due to altered 

hemodynamics with caffeine challenge. The method also generates simultaneous estimates of co-
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registered MTR images. MTR is sensitive to the density of macromolecules, such as protein and 

lipids in the myelin sheath, and can provide an estimate of the macromolecular density 125. The 

results of this work have already been published 126. 

 

3.2 Materials and Methods 

3.2.1 Theory 

In the FAIR-ASL technique, a slice selective (SS) inversion pulse is used to acquire the tag image 

where the incoming arterial blood spins are not inverted, but the imaging slice spins are inverted. 

In the control image, a non-slice selective (NS) inversion pulse is used, and both spins, i.e., the 

incoming arterial blood and the imaging slice, are inverted 124. The difference between the tag 

image and the control image is a measure of the blood delivered to the tissue and is used to calculate 

perfusion. The FAIR-QUIPSS II technique uses additional saturation pulses to define the time 

width of the labeling bolus, and the post-labeling delay (PLD) is selected to make the acquisition 

insensitive to the transit delay 111, 127, 128. The model used to calculate perfusion assumes that the 

labeled arterial water is freely diffusible between the vasculature and the tissue compartment. This 

assumption is not valid in the brain where the BBB restricts the free exchange of water between 

the vasculature and the tissue compartment15, 20, 21, 23. A modified model that includes the restricted 

exchange of the labeled water allows the estimation of the extraction fraction from ASL 

experiments. This can be achieved by techniques that can distinguish between the intravascular 

and the tissue water. 
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MT caused by the cross-relaxation between free water and tissue macromolecules can differentiate 

between the labeled vascular and tissue water because the water in vasculature has little or no 

magnetization transfer effect20, 123. Therefore, MT combined with ASL can be used to determine 

the fraction of labeled vascular water that is delivered to the tissue, allowing us to calculate the 

water extraction fraction. Modified Bloch equations incorporating the effect of perfusion and MT 

were previously developed for MT-CASL sequence 20. In this work, we present updated equations 

based on the FAIR-MT pulse sequence and demonstrate the quantification of water extraction 

fraction and permeability surface area product in human subjects. The main difference between 

CASL and FAIR is that the imaging slice spins are relaxed for both control and tag images in the 

CASL experiment, whereas the imaging slice spins are inverted for both control and tag images in 

the FAIR approach. 

A complete theory for the derivation of the water extraction fraction based on a FAIR QUIPSS II 

pulse sequence with MT saturation pulses is presented in section 3.2.1.1 (Detailed derivation for 

the water extraction fraction). Here we present the necessary relationships relevant to the 

measurement. The schematic demonstrating the blood water flow with the restricted exchange in 

a unit volume is shown in Figure 3.1. When tagged arterial water enters the imaging region, the 

main fraction of this water (E) diffuses into the tissue space, while the rest of the tagged water (1-

E) flows into the venous region. In the tissue space, there is a cross-relaxation (magnetization 

transfer) between tissue water and tissue macromolecules. Modified Bloch equations that include 

magnetization transfer and restricted water exchange are given by 20 

𝑑𝑀𝑡(𝑡)

𝑑𝑡
=

𝑀𝑡
0 − 𝑀𝑡(𝑡)

𝑇1𝑡
− 𝑘𝑓𝑀𝑡(𝑡) + 𝑘𝑟𝑀𝑚(𝑡) + 𝑓𝐸(𝑀𝑎(𝑡) − 𝑀𝑣(𝑡)) 

3.1 
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𝑑𝑀𝑚(𝑡)

𝑑𝑡
=

𝑀𝑚
0 − 𝑀𝑚(𝑡)

𝑇1𝑚
+ 𝑘𝑓𝑀𝑡(𝑡) − 𝑘𝑟𝑀𝑚(𝑡) 

3.2 

where f = microvascular cerebral blood flow (CBF)/unit time/unit volume (or perfusion); E = water 

extraction fraction; Ma(t), Mv(t) = longitudinal magnetization of water in arterial blood and venous 

blood, respectively; kf, kr = the forward and reverse exchange rate constants for magnetization 

transfer; Mt(t)= tissue longitudinal magnetization; Mm(t) = longitudinal magnetization of 

macromolecular protons; 𝑀𝑡
0, 𝑀𝑚

0  = equilibrium value of Mt(t) and Mm(t); T1t, T1m = relaxation 

time constants of brain water protons and macromolecular water protons.  
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Figure 3.1: Schematic of the model of a unitary voxel for perfusion measurement including water 

extraction fraction and magnetization transfer (MT) effects due to the cross relaxation between 

tissue macromolecules and tissue water. The main fraction (E) of the labeled arterial water diffuses 

into the tissue space and exchanges with tissue water. The other non-exchangeable fraction (1-E) 

drains into the venous side. In the tissue space, the MT effect takes place between tissue water and 

tissue macromolecules with forward and reverse MT rate constants of kf and kr. Additionally, a 

portion of the arterial water that was extracted by the tissue exchanges back into the vein.  

We make three modifications to the previously described theory: (i) a 900 pre-saturation pulse 

before the inversion pulse at t=0 destroys any residual magnetization for both tag and control 

image acquisition in the FAIR technique (Figure 3.2); hence the initial condition for both cases is 

Mt(t=0)= 0; (ii) brain macromolecules are assumed to be partially saturated instead of complete 

saturation, i.e. Mm(t)=nMm
o for all t (where n is the fraction of unsaturated macromolecules); and 

(iii) the tagged blood has a T1 decay during the arterial transit time (ATT). Incorporating these into 

Eqs. 3.1 & 3.2, the solution to the modified Bloch equation is given by 

𝑀𝑡(𝑡) = (𝑀𝑡
0 − 𝑇1

𝑎𝑝𝑝𝑀𝑡
0 (𝑘𝑓(1 − 𝑛) +

𝑓

𝜆
2𝜀𝐸))

− ( 𝑀𝑡
0 − 𝑇1

𝑎𝑝𝑝𝑀𝑡
0 (𝑘𝑓(1 − 𝑛) +

𝑓

𝜆
2𝜀𝐸 )) 𝑒

−𝑡
𝑇1

𝑎𝑝𝑝⁄
 

3.3 

where 1/𝑇1
𝑎𝑝𝑝

 = apparent relaxation rate constant,  𝜀 = 𝑒
−𝐴𝑇𝑇

𝑇1,𝑏𝑙𝑜𝑜𝑑
⁄

, T1, blood = longitudinal 

relaxation time of blood, and λ= brain-blood partition coefficient for water. 𝜀 = 0 for blood during 

slice selective acquisition. Mean arterial transit time is used as ATT, and its effect on the 

quantification of extraction fraction is addressed in the discussion. The mathematical form of 𝜀 
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described here is similar to the arterial input function for CASL experiments 128, 129.  Although not 

completely accurate, we have assumed this form of 𝜀 to account for the mean signal decay of the 

tagged spins with the relaxation time constant of the blood during transit through arteries, before 

the tagged blood reaches the capillary site and starts exchanging with the tissue. More accurate 

assumptions can be made which is addressed in the discussion section. 

The measured MRI signal (S) in a unit volume has contributions from both the vascular water and 

the tissue water (𝑀𝑡(𝑡)). The relative contributions depend on the volume fractions occupied by 

the two compartments and need to be included in perfusion model 20. When macromolecules are 

saturated, Eqs 3.1 and 3.2 can be solved to determine the perfusion as given below (details in 

section 3.2.1.1) 

where V = vascular volume fraction in a unit voxel; SSS1, SNS1 = measured SS and NS signals with 

MT pulse on;  𝑓𝑚
0 = apparent perfusion with MT pulses ON and without accounting for the cross-

relaxation between tissue water and tissue macromolecules. Similarly, perfusion without 

macromolecular saturation is given by 

𝑓 = (
1

𝑇1𝑡
+

𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
) [

𝜆

𝐸
(

𝑆𝑆𝑆2 − 𝑆𝑁𝑆2

𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2
)

−
2𝑉𝜀(1 − 𝐸)

𝐸
(

𝑆𝑆𝑆2

𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2
)] 

3.5 

𝑓 = (
1

𝑇1𝑡
+ 𝑛𝑘𝑓) [

𝜆

𝐸
(

𝑆𝑆𝑆1 − 𝑆𝑁𝑆1

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
) −

2𝑉𝜀(1 − 𝐸)

𝐸
(

𝑆𝑆𝑆2

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
)] 

= (
1

𝑇1𝑡
+ 𝑛𝑘𝑓) 𝑓𝑚

0 

3.4 
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= (
1

𝑇1𝑡
+

𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
)𝑓0 

where SSS2, SNS2 are measured SS and NS signals with MT pulse off; 𝑓0 is the apparent perfusion 

with MT pulses OFF and without accounting for the cross-relaxation between tissue water and 

tissue macromolecules. Here it is to be noted that Eqs. 3.3-3.5 are similar to those derived before 

20 with the modification for the FAIR sequence as described above. Eq 3.4 and Eq 3.5 can be 

combined to calculate the water extraction fraction  

The above equation can be used to calculate 𝐸, but it requires additional experiments to determine 

𝑘𝑓, 𝑘𝑟, and 𝑇1𝑚. Alternately, Eq 3.6 can be simplified in terms of the ratio of apparent perfusion 

signals (𝑓0) measured with and without magnetization transfer. The conventional model for 

perfusion quantification using the QUIPSS II FAIR technique does not account for cross-

relaxation between tissue water and macromolecules; hence, the apparent perfusion (𝑓0) is directly 

proportional to the difference of slice selective and non-selective acquisitions 111, 127: 𝑓0 ∝ (𝑆𝑆𝑆 −

𝑆𝑁𝑆); where SSS, SNS are SS and NS acquisitions.  Variable 𝛽 can be calculated from the ratio of 

apparent perfusions measured under similar conditions with and without magnetization transfer 

from Eqs 3.4 and 3.5  

𝐸 = 1 −
1

2𝑉𝜀𝑆𝑆𝑆2

[
 
 
 
 
 
 
 

 

(

1
𝑇1𝑡

+ 𝑛𝑘𝑓

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚

)
𝑆𝑆𝑆1 − 𝑆𝑁𝑆1

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
−

𝑆𝑆𝑆2 − 𝑆𝑁𝑆2

𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2

(

1
𝑇1𝑡

+ 𝑛𝑘𝑓

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚

)
1

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
−

1
𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2

 

]
 
 
 
 
 
 
 

 3.6 
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𝛽 =
𝑆𝑆𝑆 − 𝑆𝑁𝑆

𝑆𝑆𝑆𝑚 − 𝑆𝑁𝑆𝑚
=

1
𝑇1𝑡

+ 𝑛𝑘𝑓

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚

 

3.7 

where SSSm, SNSm are SS and NS acquisitions with MT; SSS, SNS are SS and NS acquisitions without 

MT acquired by the QUIPSS II FAIR ASL technique.  

Combining Eqs 3.6 and 3.7 the water extraction fraction can be determined from 

𝐸 = 1 −
1

2 . 𝑉 . 𝜀 . 𝑆𝑆𝑆
[ 
𝛽

𝑆𝑆𝑆𝑚 − 𝑆𝑁𝑆𝑚

(2𝜀 − 1)𝑆𝑆𝑆𝑚 + 𝑆𝑁𝑆𝑚
−

𝑆𝑆𝑆 − 𝑆𝑁𝑆

(2𝜀 − 1)𝑆𝑆𝑆 + 𝑆𝑁𝑆

𝛽
1

(2𝜀 − 1)𝑆𝑆𝑆𝑚 + 𝑆𝑁𝑆𝑚
−

1
(2𝜀 − 1)𝑆𝑆𝑆 + 𝑆𝑁𝑆

 ] 

3.8 

Perfusion can be quantified by either Eq 3.5 or using the conventional model, Eq 3.9   

𝑓 =
6000 . (𝑆𝑆𝑆 − 𝑆𝑁𝑆). 𝑒

𝑇𝐼2
𝑇1,𝑏𝑙𝑜𝑜𝑑

⁄

2 . 𝛼 . 𝑇𝐼1 . 𝑆0
 

3.9 

where T1, blood is the longitudinal relaxation time of blood, S0 is the steady state reference signal, 

TI1 is the time between the inversion pulse and the saturation pulse, α is the labeling efficiency, 

and factor 6000 is used to convert perfusion in units of mL/100g/min (assuming a tissue density 

of 1 g/mL 130). In this work, we have used Eq 3.9 to determine perfusion to be consistent with the 

existing literature. Although Eq 3.5 accounts for cross-relaxation and restricted water exchange, it 

requires T1t, T1m, kf, and kr values. These can be measured in a separate experiment or used from 

previously published studies. Use of Eq 3.5 will yield perfusion within a few percent of the 

conventional model (comparison is provided in the results section). 

Permeability surface area product is calculated according to Renkin-Crone Model 131, 132 
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𝑃𝑆 = − ln(1 − 𝐸) . 𝑓 3.10 

The magnetization transfer ratio is determined using 133 

𝑀𝑇𝑅 = 1 −
𝑆𝑆𝑆𝑚

𝑆𝑆𝑆
 

3.11 

 

 

Figure 3.2: Schematic of the pulse sequence used for imaging. The sequence is composed of 90o 

pre-saturation pulse, followed by a slice selective (SS) or non-selective (NS) 180o inversion pulse 

for tag and control images, followed by two 90o saturation pulses. This whole sequence was 

followed by MT (on/off) pulses to acquire tag and control signals with and without 

macromolecular saturation, respectively, in an interleaved manner. FLASH readout was used for 

this data acquisition. Here, Gs is the slice gradient, Gf is the frequency gradient, and Gp is the phase 
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gradient. TI1 is the time between inversion and saturation pulses, and TI2 is the time between 

inversion pulse and data acquisition. 

3.2.1.1 Detailed derivation for the water extraction fraction 

Detailed derivation for the water extraction fraction is presented in this section. According to the 

proposed model, the modified Bloch equations are 

𝑑𝑀𝑡(𝑡)

𝑑𝑡
=

𝑀𝑡
0 − 𝑀𝑡(𝑡)

𝑇1𝑡
− 𝑘𝑓𝑀𝑡(𝑡) + 𝑘𝑟𝑀𝑚(𝑡) + 𝑓(𝑀𝑎(𝑡) − 𝑀𝑣(𝑡)) 

3.12 

𝑑𝑀𝑚(𝑡)

𝑑𝑡
=

𝑀𝑚
0 − 𝑀𝑚(𝑡)

𝑇1𝑚
+ 𝑘𝑓𝑀𝑡(𝑡) − 𝑘𝑟𝑀𝑚(𝑡) 

3.13 

Here, f = perfusion (mL/100g/min); E = water extraction fraction; Ma(t), Mv(t) = longitudinal 

magnetization of water in arterial blood and venous blood, respectively; kf, kr = the forward and 

reverse exchange rate constants for magnetization transfer; Mt(t)= tissue longitudinal 

magnetization; Mm(t) = longitudinal magnetization of macromolecular protons; 𝑀𝑡
0, 𝑀𝑚

0  = 

equilibrium value of Mt(t) and Mm(t); T1t, T1m = relaxation time constants of brain water protons 

and macromolecular water protons.  

Venous water magnetization can be expressed as  

𝑀𝑣(𝑡) =
𝑀𝑡(𝑡)

𝜆
 

3.14 

Here, λ= brain-blood partition coefficient. 

In the case of diffusion limited tracer, including the water extraction fraction E, the term (Ma(t)-

Mv(t)) in Eq. 3.12 should be replaced with E(Ma(t)-Mv(t)). 
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The inflow and outflow should be equal at steady state, 

𝑀𝑎
0 =

𝑀𝑡
0

𝜆
 

3.15 

MT in tissue is assumed to be in equilibrium so that 

𝑘𝑓𝑀𝑡
0 = 𝑘𝑟𝑀𝑚

0  3.16 

The tagged blood has a T1 decay during arterial transit time (ATT). Thus, the arterial spin can 

expressed as 

𝑀𝑎(𝑡) = (1 − 2𝜀)𝑀𝑎
0 3.17 

 where 𝜀 = 𝑒
−𝐴𝑇𝑇

𝑇1,𝑏𝑙𝑜𝑜𝑑
⁄

, T1, blood = longitudinal relaxation time of blood. 𝜀 = 0 for blood during 

slice selective acquisition. 

Using these assumptions, Eqs. 3.12 and 3.13 become 

𝑑𝑀𝑡(𝑡)

𝑑𝑡
=

𝑀𝑡
0 − 𝑀𝑡(𝑡)

𝑇1𝑡
− 𝑘𝑓𝑀𝑡(𝑡) + 𝑘𝑟𝑀𝑚(𝑡) +

𝑓

𝜆
𝐸(1 − 2𝜀)𝑀𝑡

0 −
𝑓

𝜆
𝐸𝑀𝑡(𝑡) 

3.18 

𝑑𝑀𝑚(𝑡)

𝑑𝑡
=

𝑘𝑓

𝑘𝑟
𝑀𝑡

0 − 𝑀𝑚(𝑡)

𝑇1𝑚
+ 𝑘𝑓𝑀𝑡(𝑡) − 𝑘𝑟𝑀𝑚(𝑡) 

   

3.19 

In practice, there is a 900 pre-saturation pulse before the inversion pulse at t=0 for both tag and 

control image acquisition; hence, the initial condition for both cases is Mt(t=0)= 0. Also, brain 

macromolecules are assumed to be partially saturated instead of complete saturation, i.e., 

Mm(t)=nMm
o for all t (where n is the saturated macromolecule fraction). The solution to the 

modified Bloch equation is 
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𝑀𝑡(𝑡) = (𝑀𝑡
0 − 𝑇1

𝑎𝑝𝑝𝑀𝑡
0 (𝑘𝑓(1 − 𝑛) +

𝑓

𝜆
2𝜀𝐸))

− ( 𝑀𝑡
0 − 𝑇1

𝑎𝑝𝑝𝑀𝑡
0 (𝑘𝑓(1 − 𝑛) +

𝑓

𝜆
2𝜀𝐸 )) 𝑒

−𝑡
𝑇1

𝑎𝑝𝑝⁄
 

3.20 

where 1/𝑇1
𝑎𝑝𝑝

 is the apparent relaxation rate constant given by 

1

𝑇1
𝑎𝑝𝑝 =

1

𝑇1𝑡
+ 𝑘𝑓 +

𝑓

𝜆
𝐸 

3.21 

At steady state, the non-selective (NS) and slice selective (SS) magnetizations are given by 

𝑀𝑁𝑆1 = 𝑀𝑡
0 (

1
𝑇1𝑡

+ 𝑛𝑘𝑓 +
𝑓𝐸
𝜆

(1 − 2𝜀)

1
𝑇1𝑡

+ 𝑘𝑓 +
𝑓𝐸
𝜆

) 

3.22 

𝑀𝑆𝑆1 = 𝑀𝑡
0 (

1
𝑇1𝑡

+ 𝑛𝑘𝑓 +
𝑓𝐸
𝜆

1
𝑇1𝑡

+ 𝑘𝑓 +
𝑓𝐸
𝜆

) = 𝑀𝑁𝑆1 (

1
𝑇1𝑡

+ 𝑛𝑘𝑓 +
𝑓𝐸
𝜆

1
𝑇1𝑡

+ 𝑛𝑘𝑓 +
𝑓𝐸
𝜆

(1 − 2𝜀)
) 

3.23 

The perfusion can be quantified by the following equation that accounts for MT: 

𝑓 =
𝜆

𝐸
(

1

𝑇1𝑡
+ 𝑛𝑘𝑓) (

𝑀𝑆𝑆1 − 𝑀𝑁𝑆1

𝑀𝑁𝑆1 + (2𝜀 − 1)𝑀𝑆𝑆1
) 

3.24 

When macromolecules are not saturated (MT pulse off), the steady state magnetizations for NS 

and SS acquisitions are then given by 
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𝑀𝑁𝑆2 = 𝑀𝑡
0 (

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
+

𝑓𝐸
𝜆

(1 − 2𝜀)

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
+

𝑓𝐸
𝜆

) 

3.25 

𝑀𝑆𝑆2 = 𝑀𝑡
0 = 𝑀𝑁𝑆2 (

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
+

𝑓𝐸
𝜆

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
+

𝑓𝐸
𝜆

(1 − 2𝜀)

) 

3.26 

The perfusion when the MT pulses are off is given by: 

𝑓 =
𝜆

𝐸
(

1

𝑇1𝑡
+

𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
) (

𝑀𝑆𝑆2 − 𝑀𝑁𝑆2

𝑀𝑁𝑆2 + (2𝜀 − 1)𝑀𝑆𝑆2
) 

3.27 

These equations are valid when the vascular signal is suppressed by the crusher gradient. If no 

crusher gradient is applied and the signal contains contributions from both tissue and vascular 

compartments, the signal can be expressed as 

𝑆 =
𝑀𝑡(𝑡)

𝜆
(1 − 𝑉) + 𝑀𝑉(𝑡)𝑉 

3.28 

where MV(t) = magnetization of water in the vasculature and V = vascular volume fraction in a unit 

voxel. MV(t) will have contribution from the fraction of the arterial water that does not diffuse into 

the tissue and from the water that diffuses back to the vasculature from the tissue. 

𝑀𝑉(𝑡) = (1 − 𝐸)𝑀𝑎(𝑡) + 𝐸
𝑀𝑡(𝑡)

𝜆
 

3.29 

Using Eqs. 3.17, 3.26, 3.28 and 3.29, the voxel signal can be written as 
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𝑆(𝑡) = (1 − (1 − 𝐸)𝑉)
𝑀𝑡(𝑡)

𝜆
+ (1 − 𝐸)𝑉(1 − 2𝜀)

𝑀𝑆𝑆2

𝜆
 

3.30 

The NS and SS signals with macromolecular saturation are given by 

𝑆𝑁𝑆1 = (1 − (1 − 𝐸)𝑉)
𝑀𝑁𝑆1

𝜆
+ (1 − 𝐸)𝑉(1 − 2𝜀)

𝑀𝑆𝑆2

𝜆
 

3.31 

𝑆𝑆𝑆1 = (1 − (1 − 𝐸)𝑉)
𝑀𝑆𝑆1

𝜆
+ (1 − 𝐸)𝑉

𝑀𝑆𝑆2

𝜆
 

3.32 

Perfusion with macromolecular saturation is given by 

𝑓 = (
1

𝑇1𝑡
+ 𝑛𝑘𝑓) [

𝜆

𝐸
(

𝑆𝑆𝑆1 − 𝑆𝑁𝑆1

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
) −

2𝑉𝜀(1 − 𝐸)

𝐸
(

𝑆𝑆𝑆2

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
)]

= (
1

𝑇1𝑡
+ 𝑛𝑘𝑓) 𝑓𝑚

0 

3.33 

where  𝑓𝑚
0 = apparent perfusion - the subscript represents that MT pulse is ON and the superscript 

means without accounting for the cross relaxation between tissue water and tissue 

macromolecules.  

Similarly NS and SS signals in absence of macromolecular saturation are given by 

𝑆𝑁𝑆2 = (1 − (1 − 𝐸)𝑉)
𝑀𝑁𝑆2

𝜆
+ (1 − 𝐸)𝑉(1 − 2𝜀)

𝑀𝑆𝑆2

𝜆
 

3.34 

𝑆𝑆𝑆2 = (1 − (1 − 𝐸)𝑉)
𝑀𝑆𝑆2

𝜆
+ (1 − 𝐸)𝑉

𝑀𝑆𝑆2

𝜆
=

𝑀𝑆𝑆2

𝜆
 

3.35 

Perfusion without macromolecular saturation can be written as 
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𝑓 = (
1

𝑇1𝑡
+

𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
) [

𝜆

𝐸
(

𝑆𝑆𝑆2 − 𝑆𝑁𝑆2

𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2
)

−
2𝑉𝜀(1 − 𝐸)

𝐸
(

𝑆𝑆𝑆2

𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2
)] = (

1

𝑇1𝑡
+

𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚
)𝑓0 

3.36 

where 𝑓0 = apparent perfusion with MT pulses OFF and without accounting for the cross 

relaxation between tissue water and tissue macromolecules. From Eqs. 3.33 and 3.36 water 

extraction fraction can be calculated as 

𝐸 = 1 −
1

2𝑉𝜀𝑆𝑆𝑆2

[
 
 
 
 
 
 
 

 

(

1
𝑇1𝑡

+ 𝑛𝑘𝑓

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚

)
𝑆𝑆𝑆1 − 𝑆𝑁𝑆1

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
−

𝑆𝑆𝑆2 − 𝑆𝑁𝑆2

𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2

(

1
𝑇1𝑡

+ 𝑛𝑘𝑓

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚

)
1

𝑆𝑁𝑆1 + (2𝜀 − 1)𝑆𝑆𝑆1
−

1
𝑆𝑁𝑆2 + (2𝜀 − 1)𝑆𝑆𝑆2

 

]
 
 
 
 
 
 
 

 

3.37 

Conventional model for perfusion quantification using the QUIPSS II FAIR technique does not 

account for cross relaxation between tissue water and macromolecules; hence, the apparent 

perfusion (𝑓0) is directly proportional to the difference of slice selective and non-selective 

acquisitions  

𝑓0 𝛼 (𝑆𝑆𝑆 − 𝑆𝑁𝑆) 3.38 

where SSS, SNS= SS and NS acquisitions. The ratio of apparent perfusion signals acquired with and 

without MT (β) can be expressed using Eqs 3.33, 3.36 and 3.38 
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𝛽 =
𝑆𝑆𝑆 − 𝑆𝑁𝑆

𝑆𝑆𝑆𝑚 − 𝑆𝑁𝑆𝑚
=

1
𝑇1𝑡

+ 𝑛𝑘𝑓

1
𝑇1𝑡

+
𝑘𝑓

1 + 𝑘𝑟𝑇1𝑚

 

3.39 

where SSSm, SNSm= SS and NS acquisitions with MT; SSS, SNS = SS and NS acquisitions without MT 

acquired by the QUIPSS II FAIR ASL technique.  

Combining  Eqs 3.37 and 3.39, the water extraction fraction can be determined from 

𝐸 = 1 −
1

2 . 𝑉 . 𝜀 . 𝑆𝑆𝑆
[ 
𝛽

𝑆𝑆𝑆𝑚 − 𝑆𝑁𝑆𝑚

(2𝜀 − 1)𝑆𝑆𝑆𝑚 + 𝑆𝑁𝑆𝑚
−

𝑆𝑆𝑆 − 𝑆𝑁𝑆

(2𝜀 − 1)𝑆𝑆𝑆 + 𝑆𝑁𝑆

𝛽
1

(2𝜀 − 1)𝑆𝑆𝑆𝑚 + 𝑆𝑁𝑆𝑚
−

1
(2𝜀 − 1)𝑆𝑆𝑆 + 𝑆𝑁𝑆

 ] 

3.40 

This shows that perfusion and water extraction fraction can be measured from two ASL perfusion 

measurements with and without saturation of macromolecules. 

3.2.2 Sensitivity to macromolecule saturation 

The model developed here is based on the assumption that data is acquired in presence of 

macromolecular saturation; however, 100% macromolecular saturation is difficult to achieve in 

vivo and has SAR implications at 7T. MT pulse power or offset frequency can lead to a different 

amount of macromolecular saturation. Simulations and experiments were performed to examine 

the effect of the degree of macromolecular saturation on the calculations. The macromolecular 

saturation was varied from 5% to 90% (i.e., n=0.95 to 0.1 in Eqs. 3.3 and 3.7), and its effects on 

magnetization transfer contrast, β, and water extraction fraction were determined using Eqs. 

3.1−3.3 and 3.7. For these simulations, perfusion and extraction fraction were assumed to be 50 
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mL/100g/min and 0.9, respectively. Previously published values T1t=2.4 s, T1m=0.5 s, kf =2.04 s-1, 

and kr=5.6 s-1 at 7T were used for the simulations 134, 135. 

3.2.3 Recruitment 

Auburn University institutional review board (IRB) approved the study, and all experiments were 

performed in accordance with the IRB guidelines and regulations. All the subjects provided 

informed consent before participating in the study. 

Experiments were performed on a Siemens 7T Magnetom (Erlangen, Germany) using a 32-channel 

head coil. Eighteen healthy volunteers (seven females), age= 27±11 years and weight= 65±9 kg, 

participated in the study. Eight subjects were scanned twice on the same day to evaluate the test-

retest reproducibility. The feasibility and sensitivity of this method were evaluated in four healthy 

subjects with caffeine challenge, which causes cerebral vasoconstriction121, 136. The subjects were 

scanned at baseline, then removed from the scanner and given a 200 mg caffeine pill. The subjects 

were immediately repositioned in the scanner, and post-caffeine images were obtained 

approximately 20 minutes after the caffeine intake. The subjects who participated in the caffeine 

challenge were asked to abstain from any caffeine consumption 1 day prior to the study. All the 

other participants were instructed to refrain from caffeine on the day of the scan. 

3.2.4 Protocol parameter optimization 

To ensure that the labeled blood is delivered to the target tissue, post-labeling delay TI2 (Figure 

3.2) needs to be selected so that the TI2 >ATT, possibly on the decaying part of ASL difference 

signal with respect to time 112, 137. It has been shown that the ATT in FAIR is shorter than pCASL 

and is expected to be < 1 second 138. To verify this, ASL signals were acquired for TI2 values of 
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1.5, 1.8, 2.3, and 2.8 s in three subjects; and TI2 = 1.8 s for TI1 = 0.8 s was chosen for the BBB 

experiments112 (details are provided in Results and Discussion sections). 

3.2.5 CBF and CBV 

Using Poiseuille’s law, a simple relationship between CBF and CBV can be expressed as: 

𝐶𝐵𝑉 𝛼 √𝐶𝐵𝐹, which has been found to be in good agreement for vasodilation, vasoconstriction, 

and visual stimulation studies 139-141. This relationship was used to calculate CBV for the perfusion 

data after caffeine intake. 

3.2.6 Imaging pulse sequence 

The pulse sequence used for perfusion data acquisition is shown in Figure 3.2.  An in-plane pre-

saturation pulse with a duration of 2.56 ms was used before the inversion pulse to suppress any 

residual signal. An 8 ms long hyperbolic secant adiabatic inversion pulse was used for SS (control 

image) and NS (tag image) inversion of spins in an interleaved manner. Before in vivo studies, the 

efficiency of the labeling of the pulse was tested in a phantom 79. Two post-labeling saturation 

pulses with a pulse duration of 2.56 ms were used at TI1 to saturate the labeled blood, where the 

gap between the proximal edge of the imaging slice and the distal edge of the saturation slice was 

10 mm. Six MT pulses, each with a duration of 16.64 ms (bandwidth = 80 Hz), were used to 

saturate the macromolecules. Saturation pulse ON and OFF frequencies were 500 Hz and 100000 

Hz with a flip angle of 500o to acquire MT ON and MT OFF images, respectively. The data were 

acquired in an interleaved fashion in this order: SS (MT on)/NS (MT on)/SS (MT off)/NS (MT 

off). To test how the degree of macromolecule saturation affects the results, additional scans were 

performed in a subset of subjects by changing the MT pulse angle to 750o. 
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A single slice FLASH readout was used with the following imaging parameters: FOV=256 mm,  

TE=1.39 ms, flip angle=10o, slice thickness=8 mm, base resolution=128, bandwidth=800Hz/pixel 

with TI1 = 0.8 s and TI2 = 1.8 s for the FAIR ASL module. The TR for FLASH readout was 3.1 

ms with readout time= ~0.4 s. A total of 120 measurements were acquired (30 for each of SS (MT 

on), NS (MT on), SS (MT off), and NS (MT off)) with a total acquisition time=4.8 min. A reference 

proton density image with TR = 2 s was acquired to normalize the perfusion 112. 

3.2.7 Data processing 

FSL (FMRIB’s Software Library, Oxford, UK) and SPM 12 (Spatial Parametric Mapping, 

London, UK) were used for image preprocessing. First, the bias field was estimated from the 

reference images and used for bias field correction (with FWHM=20 mm for bias field smoothing; 

the number of iterations=4 for bias field removal; the number of classes=3) using FSL (Figure 

3.3). Then, the images were realigned and co-registered to the reference image and segmented into 

gray matter (GM) and white matter (WM) using SPM 12 to calculate perfusion, water extraction 

fraction, permeability surface area product, and magnetization transfer ratio in the GM and the 

WM. All the rest of the data processing and simulations were performed using MATLAB. The 

labeling efficiency (α) for PASL at 7T was used as 0.98 142, 143, which is very close to the value 

measured from the phantom experiment (0.984). T1 = 2.1s for blood 143, blood/ brain partition 

coefficient= 0.9 mL/g 144, and cerebral blood volume (V)= 4.25% 145 were used for the calculations. 

ε was calculated using ATT = 0.4 s 138. 

Two-tailed t-tests were performed on perfusion, extraction fraction, permeability surface area 

product, and magnetization transfer ratio results from all the subjects to evaluate the differences. 

Correlations between perfusion, extraction fraction, and permeability surface area product were 
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assessed using Pearson’s coefficient. Bland-Altman analysis was performed to determine the 

agreement between test-retest results. In all cases p<0.05 was accepted as the significance level. 

 

Figure 3.3: Representative example of field inhomogeneity correction. Reference image before 

bias field correction (a), estimated bias field (b) and image after field inhomogeneity correction 

(c). The bias field was estimated using FAST (FMRIB’s Automated Segmentation Tool) in FSL 

(FMRIB’s Software Library, Oxford, UK) with FWHM=20 mm for bias field smoothing, number 

of iterations=4 for bias field removal and number of classes=3. 

 

3.3 Results 

Simulations show that increased macromolecular saturation results in a lower steady-state tissue 

magnetization with the same recovery rate constant as expected (Figure 3.4a). As macromolecular 

saturation increases from 5 % to 90 %, the value of β changes from ~2.46 to ~0.65  (Figure 3.4b). 

The results demonstrate that if macromolecular saturation is above 15%, the error in calculating 

the water extraction fraction will be less than ~1.4% (Figure 3.4c). However, for lower 
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macromolecular saturation, especially if the saturation is <10%, the error in calculating the water 

extraction fraction starts to increase exponentially. 

 

Figure 3.4: Simulation result showing the effect of 5% to 90% macromolecular (MM) saturation 

on the tissue longitudinal magnetization (a), where the input value of extraction fraction (E) for 

the simulation was 0.9. Effect of different levels of macromolecular saturation on β (b) and water 

extraction fraction (c) estimation. These simulations show that when the MM saturation is above 

15%, the expected error in water extraction fraction estimation is < 1.4 %. For smaller saturation 

than this, especially for macromolecular saturation <10%, error in extraction fraction and PS will 

increase significantly.  

The direct spillover effect of the MT pulse was measured to be <2% (Figure 3.5c). The TR (2.4s) 

used in this study was sufficient to refresh the labeled spins with the FAIR ASL pulse sequence. 

This was confirmed by repeating the experiment (n = 4) at multiple TRs ranging from 2.4 – 5 s 

(by increasing the post-acquisition delay). All other acquisition parameters were kept the same. 

Calculated perfusion both in the GM and the WM was approximately the same for this range of 

TR (Figure 3.5d). We evaluated the water extraction fraction at multiple TI2 values ranging from 
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1 – 3 s (resulting in a TR of 1.6 – 3.6 s) in three subjects (Figure 3.5e). For a short TI2 (i.e., 1 s), 

the average extraction fraction was lower. This is expected because short TI2 does not allow the 

tagged blood to reach the capillary exchange site and fully exchange with the tissue. For TI2 >1.5 

s (corresponding TR>2.1 s), the average extraction fraction did not change and was in the range 

of experimental variations (Figure 3.5e). 

 

Figure 3.5: Static spherical phantom with diameter =110 mm and T1=1s (a). Average perfusion 

on the phantom was 0.15±0.006 mL/100g/min using the same protocol as in vivo experiments 

demonstrating good subtraction (b). The effect of the off-resonance Gauss MT pulses on the water 

resonance frequency is illustrated with single voxel spectroscopy in (c). The offset frequency of 

the MT pulse was varied from -1500Hz to 1500 Hz with the parameters: acquisitions=125, 
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sampling points=2048, average=1, TR=2 s, TE=16 ms, spectral bandwidth=4000 Hz and voxel 

size=10×10×10 mm3. The duration, number of pulses, and flip angle of the MT pulse were the 

same as the in vivo experiments (16.64 ms, 6 and 5000 respectively). The signal attenuation at 

resonance frequency due to the MT pulse with offset frequency=500 Hz was approximately 2%. 

Perfusion (n=4) for multiple TRs ranging from 2.4-5 s (TR is increased by increasing the post-

acquisition delay) was approximately the same (d). This shows that TR=2.4s was sufficient to refill 

the labeling region. The water extraction fraction for multiple TI2 values (n=3) is shown in (e). 

The average extraction fraction was lower for TI2=1 s and was almost unchanged for TI2 >1.5 s. 

Representative difference images (control (SS) – tag (NS)) without and with macromolecular 

saturation at TI2 = 1.8 s are shown in Figure 3.6. Multi TI2 ASL difference signals from the GM 

and the WM confirms that TI2=1.8 s corresponds to the decaying part of the signals (Figure 3.6c) 

and is an appropriate choice for the protocol.  A longer delay would cause a signal decay due to 

T1 and reduce the SNR. Representative quantitative perfusion maps calculated using the QUIPSS 

II equation (Eq. 3.9) and the equation incorporating the restricted exchange and cross-relaxation 

(Eq. 3.5) from one subject are shown in Figure 3.6d and 3.6e, respectively. Perfusion calculation 

using Eq. 3.5 requires additional information, i.e., E, V, ε, T1t, T1m, kf, and kr. Previously published 

values  E = 0.94, V=4.25%, ε=0.83 (for ATT=0.4 s), T1t=2.4 s, T1m=0.5 s, kf =2.04 s-1, and kr=5.6 

s-1 were used for this calculation134, 135, 138, 145. Perfusion in the GM and the WM using the QUIPSS 

II equation was 68 ± 7 mL/100g/min and 30 ± 5 mL/100g/min, respectively, in one representative 

subject. Perfusion in the GM and the WM using Eq. 3.5 was 66 ± 8 mL/100g/min and 28 ± 6 

mL/100g/min, respectively, in the same subject. Eq 3.9 was used to calculate the perfusion for all 

the results presented below.   
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Figure 3.6: Representative ASL difference signal (SS-NS) from one subject without (a) and with 

(b) macromolecular saturation at TI2=1.8 s. ASL difference signals from the GM and the WM 

measured at different TI2 (c). The green dotted line corresponds to TI2=1.8 s. All the signal values 
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in (c) are normalized to the GM signal at TI2=1.8 s. Perfusion maps calculated using QUIPSS II 

equation (Eq. 3.9) (d) and the equation incorporating the restricted exchange and cross relaxation 

(Eq. 3.5) (e) from the same subject. Average GM and WM perfusion values using the two 

equations are very similar, suggesting the validation of Eq. 3.7 for β estimation. 

We evaluated the magnetization transfer effect on the vascular blood signal (Figure 3.7), 

confirming that the vascular blood remains unaffected while the tissue signal experiences a 

significant MT effect due to the saturation of the macromolecules 122, 123. 
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Figure 3.7: Evaluation of magnetization transfer effect on vascular blood signal due to the 

saturation of the macromolecules. Reference image of a slice in close proximity to the circle of 

Willis from a representative subject (a). Bright vascular blood signal is visible in the ASL 

difference signal (SS-NS) without the macromolecular saturation (b). The ASL difference signal 

with the saturation of the macromolecules is shown in (c). Although the tissue blood signal is 

reduced due to the saturation of the macromolecules, the vascular blood remains almost unaffected. 

The quantitative perfusion map shows higher perfusion in the GM and lower perfusion in the WM 

(Figure 3.8a). Average perfusion in the GM and the WM was 67 ± 5 mL/100g/min and 29 ± 4 

mL/100g/min, respectively (averaged over all healthy subjects). The water extraction fraction map 

shows a relatively lower fraction in the GM and higher in the WM (Figure 3.8b). Extraction 

fraction (E) in the WM was 0.962 ± 0.015, and extraction fraction in the GM was 0.921 ± 0.025. 

Permeability surface area product (PS) was 95 ± 18 mL/100g/min in the WM and 171 ± 20 

mL/100g/min in the GM (Figure 3.8c). Magnetization transfer ratio (MTR) map shows higher 

MTR in the WM and lower in the GM (Figure 3.8d) with values of 0.17 ± 0.005 and 0.13 ± 0.015, 

respectively. Representative perfusion, extraction fraction, PS, and MTR maps from several 

additional subjects are shown in Figure 3.9. 
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Figure 3.8: Representative (a) perfusion, (b) water extraction fraction, (c) permeability surface 

area product (PS), and (d) magnetization transfer ratio (MTR) maps from one subject. 
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Figure 3.9: Perfusion (a), extraction fraction (b), permeability surface area product (c), and 

magnetization transfer ratio (d) maps from five subjects. 

Bland-Altman plots for perfusion and water extraction fraction demonstrate very good agreement 

between test-retest results (Figure 3.10). Mean biases for perfusion and water extraction fraction 

were 0.62 (with a coefficient of variation=6%) and 0.009 (with a coefficient of variation=4%), 

respectively. Figure 3.10c shows very high correlations between perfusion and PS for the GM and 

the WM regions from all subject scans (r= 0.86 and 0.92 for the GM and the WM respectively). 

Correlations between perfusion and water extraction fraction for the GM and the WM were 
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relatively lower (r=-0.35 and -0.28 for the GM and the WM, respectively) (Figure 3.10d). 

Correlations between perfusion and PS and between perfusion and extraction fraction found in this 

study are consistent with previous PET and MRI studies 121, 146. 
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Figure 3.10: Bland-Altman plots of test-retest results for perfusion (a) and water extraction 

fraction (b). Correlation plots between perfusion-permeability surface area product (PS) (c) and 

perfusion-water extraction fraction (E) (d) for the GM and the WM regions. 

Changes in perfusion, water extraction fraction, and permeability surface area product were 

observed due to caffeine intake (Figure 3.11). Perfusion decreased from 67±6 mL/100g/min to 

50±8 mL/100g/min in the GM (p=0.007, t=3.4, df=6) and 26±7 mL/100g/min to 21±5 

mL/100g/min in the WM (p=0.01, t=1.16, df=6) following caffeine intake. Extraction fraction was 

also reduced from 0.924±0.025 to 0.91±0.011 in the GM (p=0.08, t=1.02, df=6) and 0.958±0.016 

to 0.921±0.013 in the WM (p=0.03, t=3.58, df=6) due to caffeine consumption. Permeability 

surface area product decreased from 172±15 mL/100g/min to 121±12 mL/100g/min in the GM 

(p=0.06, t=5.3, df=6) and 83±7 mL/100g/min to 54±8 mL/100g/min in the WM (p=0.02, t=5.45, 

df=6) following caffeine intake.  
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Figure 3.11: Perfusion (a), extraction fraction (b), and permeability surface area product (c) maps 

from a representative subject before caffeine intake. Reduced perfusion, extraction fraction, and 

PS were observed following caffeine intake ((d), (e), and (f), respectively). Bar plots showing the 

comparisons of perfusion (g), water extraction fraction (h), and permeability surface area product 

(i) in the GM and the WM before and after caffeine intake. 

The effect of macromolecule saturation power on the water extraction fraction was verified 

experimentally by increasing the macromolecule saturation power, resulting in a measured MTR 
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of 0.23 (change of 53%), whereas the water extraction fraction only changed by 0.6%, i.e., within 

experimental variations (Figure 3.12). 

 

Figure 3.12: Magnetization transfer ratio maps from representative subject with MT pulse 

angle=5000 (a) and 7500 (b), showing a variation of approximately 53%. Corresponding extraction 

fraction maps ((c) and (d), respectively) resulted in a variation of <1%. 

 

3.4 Discussion 
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In this study, we presented the theory and experimental demonstration of a non-contrast method 

to measure BBB permeability using the differential effect of magnetization transfer on tissue and 

vascular water. The feasibility and the test–retest reproducibility of the method to determine 

perfusion, permeability surface area product (PS), and magnetization transfer ratio (MTR) 

simultaneously were demonstrated in human subjects at 7T. The method was able to detect changes 

in perfusion due to caffeine intake (with p=0.007, t=3.4, df=6; and p=0.01, t=1.16, df=6 in the GM 

and the WM respectively). The ability of this method to detect changes in extraction fraction and 

PS following caffeine intake was also promising (with p=0.08, t=1.02, df=6 and p=0.03, t=3.58, 

df=6 for extraction fraction in the GM and WM, respectively; and p=0.06, t=5.3, df=6 and p=0.02, 

t=5.45, df=6 for PS in the GM and the WM, respectively). The measurements of the relationship 

between perfusion, PS, and MTR may be clinically relevant in investigating a variety of CNS 

disease.  

The average MTR of 0.15 (i.e., ~15% saturation of the tissue signal) in this study corresponds to 

~23% saturation of the macromolecules (Figure 3.4a), which corresponds to a β value of ~2.15 at 

7T (Figure 3.4b). Average β measured in this study using Eq. 3.7 was ~2.21 and is in close 

agreement with the predicted value. The small difference in β may be attributed to systematic 

effects in the MRI study. The direct spillover effect of the MT pulse was measured to be <2% 

(Figure 3.5). Simulations (Fig. 3.4c) show that macromolecular saturation from ~90% down to 

~15% should affect the calculation of extraction fraction by less than 1.4%. As macromolecular 

saturation increases (i.e., n decreases), the terms  
𝑆𝑆𝑆𝑚−𝑆𝑁𝑆𝑚

(2𝜀−1)𝑆𝑆𝑆𝑚+𝑆𝑁𝑆𝑚
 and 

1

(2𝜀−1)𝑆𝑆𝑆𝑚+𝑆𝑁𝑆𝑚
 increase 

(Eqs. 3.31, 3.32, and 3.33), whereas 
𝑆𝑆𝑆−𝑆𝑁𝑆

(2𝜀−1)𝑆𝑆𝑆+𝑆𝑁𝑆
 and 

1

(2𝜀−1)𝑆𝑆𝑆+𝑆𝑁𝑆
 remain unaffected in Eq. 3.8. 

At the same time, the scaling factor β in Eq. 3.8 decreases as macromolecular saturation increases 
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(i.e., n decreases in Eq. 3.7) to account for the increase in 
𝑆𝑆𝑆𝑚−𝑆𝑁𝑆𝑚

(2𝜀−1)𝑆𝑆𝑆𝑚+𝑆𝑁𝑆𝑚
 and  

1

(2𝜀−1)𝑆𝑆𝑆𝑚+𝑆𝑁𝑆𝑚
.  

Combined, these effects are somewhat compensatory and lead to accurate determination of the 

extraction fraction for a reasonable range of macromolecular saturation.  This was also verified 

experimentally by increasing the macromolecule saturation power, resulting in a measured MTR 

of 0.23 (change of 53%), whereas the water extraction fraction only changed by 0.6%, i.e., within 

experimental variations (Figure 3.12). However, our simulations also demonstrate that, when 

macromolecular saturation decreases below 10%, the error increases exponentially. This is because 

the model developed here relies on the fact that macromolecules are saturated, and as the saturation 

approaches zero, the model is no longer valid. One advantage of selecting higher macromolecular 

saturation is that the difference signal 𝑆𝑆𝑆𝑚 − 𝑆𝑁𝑆𝑚 (Eq 3.7) increases with higher macromolecular 

saturation, thus improving the signal to noise ratio. Our results show that it is advisable to keep 

macromolecular saturation above 15-20%. However, increased power of MT pulses can lead to 

SAR limitations, especially at 7T.  

Several experimental protocol parameters can affect the calculations and need careful 

consideration. We evaluated the magnetization transfer effect on the vascular blood signal (Figure 

3.7), confirming that the vascular blood remains unaffected while the tissue signal experiences a 

significant MT effect due to the saturation of the macromolecules 122, 123. The TR (2.4s) used in 

this study was sufficient to refresh the labeled spins with the FAIR ASL pulse sequence. This was 

confirmed by repeating the experiment (n = 4) at multiple TRs ranging from 2.4 – 5 s (by increasing 

the post-acquisition delay). All other acquisition parameters were kept the same. The calculated 

perfusion both in the GM and the WM was approximately the same for this range of TR (Figure 

3.5).  



 99 

RF inhomogeneities in the labeling pulse can impact the perfusion measurements, and it has been 

recommended to use adiabatic RF pulses, which are insensitive to B1 inhomogeneities 147, 148. We 

used a hyperbolic secant adiabatic inversion pulse, which is insensitive to the B1 field 

inhomogeneity and provides good inversion efficiency. We have previously measured the 

experimental slice profile and inversion efficiency of this pulse at 7T 79. In addition, a proton 

density-weighted reference image is used for the scaling of the perfusion signal in the ASL 

experiment. Both these effects largely correct RF field inhomogeneities112 during excitation and 

acquisition and in general does not need additional correction. Parallel transmission can further 

help reduce any RF field inhomogeneities, but it was not used in this study.  

Another important experimental concern is the appropriate choice of TI2 so that the labeled blood 

is exchanged with the tissue. We evaluated the water extraction fraction at multiple TI2 values 

ranging from 1 – 3 s (resulting in a TR of 1.6 – 3.6 s) in three subjects (Figure 3.5). For a short TI2 

(i.e., 1 s), the average extraction fraction was lower. This is expected because short TI2 does not 

allow the tagged blood to reach the capillary exchange site and fully exchange with the tissue. For 

TI2 >1.5 s (corresponding TR>2.1 s), the average extraction fraction did not change and was in the 

range of experimental variations (Figure 3.5).  

Arterial transit time (ATT) may vary depending on the distance between the labeling region and 

the imaging region in different ASL approaches (i.e., CASL/pCASL, PASL) and due to 

physiological reasons (i.e., diseases), which, in turn, will affect the quantification of the extraction 

fraction. ATT = 0.4 s was used for FAIR to calculate the factor ε in this study. Typical transit times 

for blood in capillaries are ~1 s. The fact that the extraction fraction in our multi-TI2 experiments 

did not change for TI2 >1.5 s confirms that the ATT was ~0.5 s, which is very close to the assumed 

ATT (0.4s). Any value in the expected ATT range for FAIR (0.4-0.9 s) results in a variation of  
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~1% for the extraction fraction as long as TI2 is selected in the appropriate range. If there is no 

reason to expect a drastic change in the ATT, using the expected value of ATT should be sufficient 

by selecting TI2 in the reasonable range 112, 137. However, in cases where a large change in ATT is 

expected or a very precise calculation is required, ATT can be determined from multi-TI2 ASL 

acquisitions at the cost of additional acquisition time. 

The perfusion values measured in this study for the GM and the WM are in good agreement with 

previous studies 111, 124, 149-151. Water extraction fractions for the GM and the WM are also 

consistent with the numbers reported previously ranging between 90-96% 21, 117, 146, 152. The 

average permeability surface area product is also in agreement with the previously reported values 

ranging between 133-199 mL/100g/min 18, 21, 117, 153. Test-retest analysis showed a very good 

agreement, validating the consistency of the developed technique.  

Reductions in perfusion following caffeine intake are consistent with previous studies 136, 154. 

Changes in the BBB permeability due to caffeine intake are also in close agreement with previous 

reports 121, 155-159. Caffeine is an adenosine receptor antagonist and inhibits phosphodiesterases 

(PDEs) 160. A2A adenosine receptor antagonist administration reduces the BBB permeability to 

dextrans and Evan’s blue dye in the rat chronic sleep restriction model 161. Inhibition of cyclic 

adenosine monophosphate (cAMP) PDE in the collecting duct of kidneys has been shown to 

reduce water permeability 162.  Caffeine has been shown to attenuate the BBB permeability through 

the blockade of adenosine receptors and cAMP PDE inhibition 157. In other studies, it was shown 

that caffeine ingestion can decrease the tight junction protein level and mitigate the BBB leakage 

to Evan’s blue dye 156, 158. It has also been demonstrated that caffeine causes upregulation of P-

glycoprotein (P-GP) at the BBB and reduces the BBB leakage 159. Reduced BBB permeability to 

harmine due to caffeine was reported in rats 155. A decrease in K+/Na+-ATPase in rat kidneys 
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following caffeine administration has been reported previously 163, which is linked to the 

transmembrane water exchange 164, 165. Reduced BBB permeability surface area product was also 

found in human studies following caffeine challenge 121. These studies support our observation of 

reduced PS. The decrease in perfusion observed in this study was significant both in the GM and 

the WM. Although the change in extraction fraction and PS in the WM was significant, it was not 

significant at p<0.05 level in the GM. Caffeine causes vasoconstriction and hence changes the 

CBF and the CBV, which can complicate calculations. We used a simple relationship to calculate 

the CBV due to a change in the perfusion following caffeine intake. Although this relationship has 

been found to provide good results for hypocapnia (vasoconstriction), hypercapnia (vasodilation), 

and visual stimulation 139-141, a more accurate relationship between the perfusion and the CBV 

might improve the accuracy of the quantification of water extraction fraction. A change of 2% in 

the ATT has been reported following caffeine intake 121, which should not affect the quantification 

of the extraction fraction, as discussed above.  

The restricted movement of water between the vascular blood and the tissue in the central nervous 

system, as measured in this study, also supports previous physiological reports 18, 19. The 

permeability of the capillary wall to water molecules is affected by two physiological processes: 

water filtration and water diffusion. While diffusion refers to the passage of water molecules across 

the capillary wall because of Brownian motion, filtration refers to the motion due to the osmotic 

pressure gradient. Slits and pores between endothelial cells play an important role in water 

filtration in capillaries outside the central nervous system because bulk flow can take place across 

the capillary wall through these slits and pores. However, they have very little contribution to water 

diffusion because the total surface area of these pores and slits is very small compared to the total 

capillary surface area. The water channels (aquaporin) have a diameter on the order of a single 
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water molecule in the central nervous system. Therefore, these channels only permit water 

diffusion but not water filtration. While the ratio between the filtration and the diffusion is fifty or 

more outside the central nervous system (i.e., muscle), it is close to unity in the nervous system. 

There are very few existing clinically applicable techniques to measure BBB water permeability 

non-invasively. PET imaging relies on the infusion of a tracer, which is assumed to be freely 

diffusible across vasculature. [11C] butanol and [15O] water radiotracers have been used with PET 

imaging to measure BBB permeability 146, 153. Intravascular T1 contrast agent has been used with 

MRI to estimate vasculature water permeability 105, 166, 167. However, these methods have not been 

used widely in clinical applications due to model and methodological complexities.  

Few non-contrast MRI techniques to estimate BBB permeability and water exchange rate have 

been recently demonstrated. The water exchange rate constant can be measured by applying a two-

compartment model to ASL signals at multiple post-labeling delays 16, 115. However, the intrinsic 

SNR of this method is limited as it depends on the T1 relaxation difference before and after the 

exchange of water molecules 168. Another approach used T2 relaxation time to differentiate the 

blood and the tissue ASL signal 114, 116. The oxygenation changes due to the flow of spins from the 

artery to the capillary to the vein can also lead to alteration in T2 and confound the results. A 

variable flip angle method in combination with contrast agent administration was demonstrated to 

measure a water exchange index in mice 169, which used protected graft copolymer bearing 

covalently linked Gd-DTPA residues (Gd-PGC) as the contrast agent. 

Diffusion-weighted ASL signal acquisition has shown promising results to separate the fast-

moving spin and the slow-moving spin, corresponding to the vascular and the tissue water signal, 

respectively 118-121. This method assumes that the diffusion gradient can fully suppress the vascular 
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signal while having no effect on the tissue signal. This technique also assumes that the vascular 

water signal has no slow-moving component, but some studies have shown the presence of slow-

moving components in the vascular water in rat brains 170, 171. Another approach to measure the 

BBB permeability is phase contrast arterial spin tagging 172. This technique can only measure the 

global permeability without any spatial information. 

Besides perfusion and PS, the effect of MTR in CNS WM diseases, such as multiple sclerosis, has 

been reported 173, and therefore, MTR can be a valuable non-invasive biomarker in WM diseases. 

WM lesions in CNS diseases, such as MS, are characterized by a large drop in the MTR due to 

demyelination 125. MTR depends on the macromolecular concentration and is usually higher in the 

WM due to the high concentration of macromolecules like protein and lipids present in the myelin 

sheath. Demyelination causes this macromolecular concentration to drop and consequently 

decreases the MTR. Although MTR is very useful in assessing such diseases, there is no standard 

value for MTR since it depends on the degree of macromolecular saturation. However, using the 

same MT protocol for control subjects and patient populations would be an effective way to assess 

the difference. 

There are several limitations to our approach. Currently, we have demonstrated only 2D imaging, 

but this approach can be extended to 3D imaging for full brain coverage. Although we have shown 

that the approach is sensitive to changes in perfusion and water exchange using caffeine challenge, 

it needs to be determined if this can detect subtle focal changes in blood-brain barrier disruption 

in diseases without much CBF change. Another limitation of the model presented here is the choice 

of the arterial input function. Although accurate for the CASL experiment, the input function is 

not exact for the PASL FAIR experiment 129. We have used the mean ATT to approximately scale 

the arterial bolus; however, this approach may lead to a bias in the calculated parameters. An 
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advantage of this simplified approach is that it allows us to use the simple Bloch-equation approach 

to demonstrate the feasibility of the technique. A more complete model would include 

exponentially decaying input function, residue function, the effect of the dispersion, and other 

confounding factors 129, 174. These refinements can improve the accuracy of the measurements, and 

more work is required in this area. Future studies can relax the assumptions made here and improve 

the accuracy of the technique. Another limitation is that the QUIPSS II approach was employed to 

define the bolus duration. An alternate approach, such as Q2TIPS 175, may be used to improve the 

saturation of the labeled spins. Careful optimization of the MT pulse can further improve the 

quantification. Although the test-retest results demonstrated excellent reproducibility, a limitation 

was that the subjects were not removed from the scanner between the test-retest scans. Hence, it 

does not account for all sources such as shimming, B1, etc. when determining the reproducibility 

measures. This approach was demonstrated at 7T, but it should be very similar for lower field 

MRIs, such as 1.5T or 3T with optimization of the imaging parameters, such as inversion and 

saturation pulses, MT pulse, PLD, etc. 

In summary, in this study, we demonstrated that measurement of ASL signal with and without 

magnetization transfer effect can be used to estimate permeability surface area product along with 

perfusion and MTR. Measurement of BBB permeability can provide valuable information about 

BBB disruptions in pathology, and simultaneous co-registered MTR measurements can provide 

information about the tissue structural damage, such as demyelination.  
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Chapter 4 

High-Resolution 1H FID Rosette Spectroscopic Imaging (RSI) of the Human Brain at 7T 

 

4.1 Background 

Magnetic resonance spectroscopic imaging (MRSI) is a powerful technique to evaluate the spatial 

distribution of brain metabolites. The metabolic maps can provide important information in 

diagnosing central nervous system (CNS) pathology such as Alzheimer’s disease, schizophrenia, 

frontotemporal dementia, etc. 36, 37.  

MRSI can greatly benefit from ultra-high field (UHF) strength (≥7T) with higher chemical shift 

dispersion, SNR, and spectral resolution 176-178. Among the common 1H MRSI sequences, slice-

selective ultra-short TE 1H free induction decay (FID) MRSI is fast, offers a high signal-to-noise 

ratio (SNR), has low chemical shift displacement, and can detect metabolites with short T2* 177, 

179-181. However, for traditional MRSI methods, which use only the phase encoding (PE) technique, 

the total acquisition time can be very lengthy as it samples a single k-space position per repetition 

time (TR). Several approaches have been demonstrated to accelerate MRSI at UHF using parallel 

imaging (PI), such as GRAPPA, SENSE, or CAIPIRINHA 181-184. However, the acceleration 

factors for PI techniques are limited by the SNR of the spectra and the g-factor-related noise 

amplification. Additionally, the acquisition of the calibration data can also increase the scan time, 

thus reducing the actual acceleration factor. Compressed sensing (CS) is another approach to 

accelerate MRSI by recovering the missing data from an undersampled k-space using the sparsity 
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property of MR signals 185, 186. For 1H MRSI, CS has mostly been applied to accelerate localized 

and lipid-suppressed sequences 187-189. However, for non-lipid suppressed 1H FID MRSI, CS 

reconstruction is extremely challenging because of the low SNR of the metabolite signals 

compared to the high SNR of the lipid signal 179, 190.  

High acceleration for MRSI can also be achieved using the spatial-spectral encoding (SSE). Along 

with Cartesian SSE techniques, such as echo-planar spectroscopic imaging (EPSI), non-Cartesian 

SSE techniques to accelerate MRSI using spiral spectroscopic imaging (SSI) and rosette 

spectroscopic imaging (RSI) have been developed 47, 191, 192. Compared to EPSI and SSI, RSI can 

achieve higher spectral bandwidth (SBW) under similar slew rate and gradient strength constraints 

48, 193. In addition, unlike flyback EPSI and spiral-out-only SSI, RSI does not suffer from loss of 

sensitivity as data is collected and used for the entire signal decay readout 48, 193, 194. RSI is also 

preferred over SSI and EPSI at UHF (≥7T) 195. Rosette trajectories are compelling because of 

smoothly varying gradient waveforms and flexible trajectory design 46-48. Another benefit of the 

rosette trajectory is that it can be more incoherently undersampled compared to other non-

Cartesian trajectories, which makes it a perfect candidate for CS applications 195, 196. 

Although in vivo brain 1H RSI has been demonstrated at lower field strength (≤3T) 48, 197, 198, to 

our knowledge, only one previous study demonstrated 1H RSI on the human brain at 7T with 4mm 

in-plane resolution using LASER excitation and outer volume suppression targeting the skin/skull 

for lipid suppression 193, which can potentially increase the TR and specific absorption rate (SAR), 

especially at UHF 176, 195. At UHF, 1H FID MRSI can overcome the limitations of SAR, B1 

inhomogeneity, chemical shift displacement error (CSDE), and T2-weighting 179, 195. The purpose 

of this study was, therefore, to demonstrate the feasibility of non-lipid suppressed 1H FID RSI on 

the brain with 2 mm in-plane resolution at 7T. 
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4.2 Materials and Methods 

4.2.1 Rosette trajectory design 

Rosette trajectories oscillate in the radial direction about the origin of k-space with angular 

frequency 𝜔1 = 2𝜋𝑓1, simultaneously rotating in the kx-ky plane with angular oscillation 

frequency 𝜔2 = 2𝜋𝑓2. The k-space trajectory is given by 46-48 

𝑘(𝑡) = 𝑘𝑚𝑎𝑥sin (𝜔1𝑡)𝑒
𝑖𝜔2𝑡 4.1 

where kmax=Nx/(2.FOV) is the highest spatial frequency sampled, Nx is the matrix size and FOV is 

the field of view. The angular frequency can be written as 𝜔1 = 𝜋
𝑆𝐵𝑊

𝑛𝑇𝐼
, where SBW is the spectral 

bandwidth and nTI is the number of temporal interleaves. The oscillation frequency 𝜔2 can have 

any value between 0 and 𝜔2
𝑚𝑎𝑥, where 𝜔2

𝑚𝑎𝑥 is limited by the maximum slew rate (Smax), maximum 

gradient (Gmax), or the Nyquist constraint along the readout trajectory: 𝛾. 𝐹𝑂𝑉. 𝐺𝑚𝑎𝑥 + 𝑆𝐵𝑊 ≤

1 𝑑𝑡⁄ , where dt is the data sampling rate, and 𝛾 =42.57 MHz/T is the 1H gyromagnetic ratio 47, 48. 

Maximum gradient and slew rate for the rosette trajectory can be calculated from 47, 48 

𝐺𝑚𝑎𝑥 = 𝑘𝑚𝑎𝑥

max (𝜔1, 𝜔2)

𝛾
 

𝑆𝑚𝑎𝑥 = 𝑘𝑚𝑎𝑥

(𝜔1
2 + 𝜔2

2)

𝛾
 

4.2 

We chose 𝜔1 = 𝜔2 for constant maximum gradient strength throughout the readout, which results 

in a circular trajectory for a single shot 48 (Figure 4.1). The corresponding gradient was calculated 
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using 𝐺(𝑡) =
2𝜋

𝛾

𝑑𝑘(𝑡)

𝑑𝑡
  46-48. Total number of shots to fully sample the k-space based on the intended 

image resolution was 48 

𝑁𝑠ℎ =
𝜋𝑁𝑥

2
 

4.3 

The rosette trajectory for optimum number of shots using Eq 4.3 for the 1st interleave is shown in 

Figure 4.1. 
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Figure 4.1: Rosette k-space trajectory (a) and k-t-space trajectory (b) for a single shot with 

FOV=256×256 mm2, matrix size=128, in-plane resolution=2×2 mm2, 𝜔1 = 𝜔2 = 1000𝜋 rad/s, 

SBW=3000Hz and nTI=3. Only the 1st interleave is shown in (a) and (b). The effective spectral 

dwell time for (a) and (b) is nTI/SBW=1 ms. Corresponding k-space (c) and k-t-space (d) 

trajectories for 202 rosette shots (number of shots calculated by Eq 4.3). 

4.2.2 Recruitment 

The study was approved by the Auburn University Institutional Review Board (IRB). All 

experiments were performed according to the IRB guidelines and regulations. In vivo 1H FID RSI 

data were collected from brains of 5 healthy volunteers (age=41±13 years, weight=73±11 kg). All 

participants provided informed consent prior to participation in the study. None of the participants 

had any history of neurological disease.  

4.2.3 Imaging protocol 

All the experiments were performed using a Siemens 7T Magnetom (Erlangen, Germany) using 

32 channel head coil. The peak gradient and slew rate of the scanner were 70 mT/m and 200 

mT/m/ms, respectively. 

Suppression of the water signal is necessary for 1H MRSI as the water signal is orders of 

magnitudes higher than the metabolite signals. Water suppression enhanced through T1 effects 

(WET) is a common approach to diminish the water signal 199. WET has been adapted for 1H FID 

MRSI at UHF in previous studies 200. We optimized the three-pulse water suppression scheme for 

water suppression in our study, similar to the previously reported scheme 200. Three pulses, each 

with bandwidth of 120 Hz, duration of 8 ms, and flip angles of 900, 79.50 and 1590, respectively, 
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were used for water suppression. Inter-pulse delay between the three water suppression pulses and 

the delay between the last water suppression pulse and the excitation pulse were all 20 ms. 

Standard second-order B0 shimming has been successfully used for 1H MRSI at UHF 177, 182, 200, 

which was also used on a rectangular shimming volume (with dimensions similar to the imaging 

volume) iteratively using the vendor provided B0 shim routine in this study. The schematic of the 

RSI pulse sequence is shown in Figure 4.2. Following three WET water suppression pulses as 

described above, a slice-selective sinc excitation pulse with duration=0.6 ms and flip angle=450  

was applied. The single-slice 1H FID RSI acquisition parameters were: FOV=256×256 mm2; 

matrix size, Nx=128; in-plane resolution= 2×2 mm2; slice thickness=10 mm; number of rosette 

shots, Nsh=202; acquisition delay, TE=1.5 ms; TR=500 ms; SBW=3000 Hz; number of temporal 

interleaves, nTI=3; rosette oscillation frequencies, 𝜔1 = 𝜔2 = 1000𝜋 rad/s; data sampling rate, 

dt=2μs; spectral data points=732. This entire RSI data acquisition time was approximately 6 min. 

Following the RSI data acquisition, a water reference was acquired with the same acquisition 

protocol as the RSI with the water suppression pulses turned off for eddy current correction and 

multichannel spectroscopic data combination by matching image calibration data (MUSICAL) 201, 

202. 
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Figure 4.2: Schematic of the pulse sequence for rosette spectroscopic imaging. Three WET water 

suppression pulses were applied to suppress the water signal. Following the water suppression 

pulses, a slice selective sinc excitation pulse was used to excite the imaging slice. Gy and Gx are 

the rosette gradients in the phase encoding and readout directions, respectively. Note that Gy starts 

from zero and ends at zero, while Gx starts from the maximum value and ends at the same value. 

Therefore, ramp-up and ramp-down were used at the beginning and end of Gx. After the 

acquisition of RSI data for each shot for each interleave, spoiler gradients were applied in slice 

encoding, phase encoding, and readout directions. This sequence was repeated for N number of 

rosette shots to fill up the k-space. 
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4.2.4 Data processing 

Data processing was performed offline using MATLAB (MathWorks, Natick, MA) and LCModel 

203. Variation in the rosette trajectory due to the magnetic field inhomogeneity was corrected using 

an estimated linear field map 204. A linear phase correction was applied to compensate for the 

different acquisition times of each sample along circular rosette trajectory 205, 206. Then the RSI 

data for each channel was reconstructed using gridding on a two-fold oversampled grid with a 

Kaiser-Bessel kernel window W=4 207 and density compensation was applied 208. A 2D Hamming 

filter was applied in the xy direction and a 1D Hamming filter was applied to the z (time) direction, 

which improves the SNR and increases the accuracy of LCModel quantification 48. Data from 

individual channels were combined using the MUSICAL approach 201, 202. Channel combined RSI 

data from all the voxels were then fed to the LCModel for automatic quantification of the 

metabolites in the range of 1.8-4.2 ppm 203. Possible lipid contamination of the RSI data was 

removed using L2-regularisation 209. 

As a result of an acquisition delay (i.e., TE=1.5 ms), the first points of the FID were lost, which 

introduced a first-order phase error. To account for this, an acquisition delay of 1.5 ms was also 

incorporated in the simulation of the LCModel basis set. Using this technique, the LCModel is 

able to quantify metabolites even if the phase of the spectrum is negative 176, 177. The basis set for 

the LCModel quantification was created with the FID-A toolbox using the same parameters as in 

vivo 1H FID RSI protocol 210. The basis set contained these brain metabolites: N-acetyl-aspartate 

(NAA), N-acetyl-aspartyl glutamate (NAAG), creatine (Cr), phosphocreatine (PCr), 

phosphorylcholine (PCh), glycerophosphorylcholine (GPC), 𝛾-aminobutyric acid (GABA), 

glutamine (Gln), glutamate (Glu), myo-inositol (mI), scyllo-inositol (Scyllo), taurine (Tau), 

aspartate (Asp), and glutathione (GSH) (Figure 4.3). For the fitting of the metabolites by LCModel, 
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Cramer-Rao lower bounds (CRLB) <20% were considered acceptable. Metabolite maps obtained 

by the LCModel were displayed using custom written MATLAB software. 

 

Figure 4.3: Brain metabolites simulated using FID-A with acquisition delay (TE)=1.5 ms for the 

basis set of LCModel are shown in the frequency range of 1.8-4.2 ppm. N-acetyl-aspartate (NAA), 

N-acetyl-aspartyl glutamate (NAAG), creatine (Cr), phosphocreatine (PCr), 
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glycerophosphorylcholine (GPC), phosphorylcholine (PCh), aspartate (Asp), 𝛾-aminobutyric acid 

(GABA), glutamate (Glu), glutamine (Gln), scyllo-inositol (Scyllo), taurine (Tau), myo-inositol 

(mI), and glutathione (GSH) metabolites were included in the basis set. 

 

4.3 Results 

The maximum gradient and slew rate for the rosette trajectory were 18.45 mT/m and 115.9 

mT/m/ms, respectively. Our design for the rosette trajectory resulted in this constant maximum 

gradient and slew rate throughout the entire readout.  

The non-water suppressed image quality of the rosette sequence compared to Cartesian (FLASH) 

sequence is shown in Figure 4.4. Both images were acquired with same in-plane resolution (2×2 

mm2, with FOV=256×256 mm2 and matrix size=128×128) on the same slice location from the 

same subject. The magnetic field inhomogeneity is less severe in the rosette image compared to 

the Cartesian image. The rosette image also shows improved contrast between the GM and the 

WM compared to the Cartesian image. 
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Figure 4.4: Comparison of a representative non-water suppressed rosette image with a Cartesian 

(FLASH) image. Both images were acquired from the same slice location of the same subject with 

in-plane resolution=2×2 mm2 (FOV=256×256 mm2 and matrix size=128). 

The water suppression scheme achieved an average suppression of 98.87% of the original peak. 

Figure 4.5 shows representative spectra and corresponding LCModel fittings in two voxels from 

the white matter (WM) and the gray matter (GM) regions from a subject. Spectra from the GM 

voxel, which is very close to the skull/skin, demonstrates that the L2-regularized lipid removal 

resulted in an effective lipid suppression.  
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Figure 4.5: Representative example of 1H FID RSI brain metabolite spectra and corresponding 

LCModel fitting from two voxel locations in the GM (green, on the left) and the WM (blue, on the 

right) shown in the frequency range of 1.8-4.2 ppm. 

Metabolic maps of six major metabolites NAA, Cr, tCho (total choline), mI, NAAG, and Glu are 

shown in Figure 4.6. The metabolite maps demonstrate spatial pattern for each metabolite 

distribution. Although relatively evenly distributed, slightly higher NAA concentration was found 

in the GM compared to the WM. An increased amount of Cr was found in the GM compared to 

the WM. mI concentration was also higher in the GM compared to the WM. A very high amount 

of Glu was found in the GM compared to the WM. Higher concentration of NAAG was found in 

the WM compared to the GM. tCho was also higher in the WM compared to the GM. The average 

CRLB ranged from 5.3-12.6 % for these brain metabolites in the GM and the WM. GM to WM 

concentration ratios and CRLB for each brain metabolite in the GM and the WM are presented in 

Table 4.1. 
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Figure 4.6: High-resolution 1H FID RSI metabolic maps of six major brain metabolites with the 

reference image of the slice from a representative subject. N-acetyl-aspartate (NAA), creatine (Cr), 

total choline (tCho), myo-inositol (mI), N-acetyl-aspartyl glutamate (NAAG), and glutamate (Glu) 

maps are shown with CRLB<20%. 

Table 4.1: GM to WM concentration ratios (Conc (GM/WM)) and CRLB (in the GM and the 

WM) for brain metabolites from all subject scans. All results are presented as mean±SD. 

 Brain metabolites 

 NAA Cr tCho mI NAAG Glu 

Conc(GM/WM) 1.1±0.04 1.26±0.15 0.81±0.08 1.28±0.09 0.59±0.11 1.43±0.06 
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CRLB(GM)(%) 6.2±0.1 5.3±0.3 7.1±0.5 9.4±0.8 12.6±1.2 8.7±0.7 

CRLB(WM)(%) 8.1±0.6 7.2±0.5 6.8±0.8 11.6±1.1 10.4±0.9 9.3±0.6 

 

Metabolite concentration ratio normalized to tCr (Cr+PCr) for each metabolite in the GM and the 

WM is presented in Table 4.2. NAA concentration was found higher than tCr both in the GM and 

the WM. tCho was lower than tCr both in the GM and the WM. mI concentration was slightly 

lower than tCr both in the GM and the WM. NAAG was lower both in the GM and the WM 

compared to tCr. While Glu was higher in the GM compared to tCr, it was approximately the same 

as tCr in the WM. 

Table 4.2: Metabolic concentration ratio to tCr (total Creatine: Cr+PCr) in the GM and the WM. 

 Cr+PCr normalized brain metabolite concentration ratio 

 NAA/tCr tCho/tCr mI/tCr NAAG/tCr Glu/tCr 

GM 1.64±0.06 0.21±0.02 0.93±0.07 0.16±0.01 1.17±0.09 

WM 1.86±0.13 0.32±0.04 0.91±0.06 0.36±0.02 0.98±0.08 

 

4.4 Discussion 

In this study, we demonstrated the feasibility of non-lipid suppressed high-resolution single-slice 

1H FID rosette spectroscopic imaging at 7T, which is fast and within clinically relevant time. The 
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high spectral resolution and SNR offered by UHF strength of 7T and the advantages of FID 

sequences, such as low signal loss and negligible chemical shift displacement, enabled reliable 

quantification of spectra from a large number of voxels. 1H FID RSI provided similar spectral 

information as the conventional PE and other MRSI methods in the literature. The in-plane 

resolution of 2×2 mm2 of the RSI provided similar spatial patterns for major metabolic 

distributions in the brain as demonstrated by other MRSI methods. 

The rosette trajectory used in this study (with 𝜔1 = 𝜔2) has been successfully used in pervious 

human brain MRSI studies 48, 193. For this rosette design, the k-space trajectory is circular, which 

is somewhat similar to the concentric circle trajectory 211. The main difference between the 

techniques is, unlike the concentric circle trajectory, which uses circles concentric with the center 

of the k-space, the circular rosette trajectory starts from and ends at the center of the k-space. This 

inherently makes the k-space sampling more densely weighted near the center of the k-space, 

which can make the RSI technique more robust to motion. Additionally, the most peripheral 

concentric circle (with maximum radius) trajectory needs twice the maximum gradient and 

maximum slew rate compared to the rosette trajectory 48. Compared to other SSE techniques such 

as EPSI and SSI, RSI also uses lower maximum gradient and slew rate for similar acquisition 

parameters, which can be easily traded for higher spectral bandwidth 48, 193. Therefore, especially 

at UHF, RSI is preferred over EPSI and SSI 193, 195. 

The acquisition and reconstruction protocols used in this study for rosette trajectory did a good job 

in terms of image quality and minimizing the variation in the image intensity due to the magnetic 

field inhomogeneity compared to the Cartesian images (Figure 4.4). Variation in image intensity 

due to magnetic field inhomogeneity can affect the metabolite quantification and the metabolic 
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maps. As seen from Figure 4.4, the effect of magnetic field inhomogeneity is expected to be less 

severe in the metabolite quantification in this study. 

Metabolite T2 relaxation times decrease as B0 increases 212. Therefore, shorter TE is required for 

UHF MRSI to compensate for faster T2 decay. Our approach for ultra-short TE was similar to 

previous pulse-acquire FID schemes 177, 179, 182, 200, 205, 213. This ultra-short TE and TR result in a 

MRSI scan within the clinically feasible time. The optimized WET water suppression scheme was 

able to achieve ~99 % suppression of the water peak. Previous MRSI studies at UHF also used 

similar water suppression using three or four pulse WET scheme 182, 200, 205. Due to the first-order 

phase error introduced by the acquisition delay (i.e., TE=1.5 ms), a delay was introduced in the 

simulation of the basis set for the LCModel. This approach can reliably quantify the metabolites 

even if the phase of the spectrum is negative 176, 177. Our metabolite spectra and LCModel fitting 

was similar to the spectra without the first-order phase correction 177, 205. L2-regularization was 

found to provide good suppression of the lipid signal, which is consistent with the previous MRSI 

studies at UHF 182, 200, 205.  

In this study, NAA concentration was found to be mostly homogeneous in the brain with slightly 

higher concentration in the GM. Cr and mI concentrations were higher in the GM compared to the 

WM. A very high amount of Glu was found in the GM compared to the WM. On the other hand, 

tCho and NAAG concentrations were found to be lower in the GM compared to the WM. Spatial 

distributions of metabolic concentrations for these brain metabolites found in this study are 

consistent with previous MRSI studies 176, 179, 190, 200, 205, 213. GM to WM ratios of these metabolic 

concentrations are also in agreement with the previous MRSI reports 190, 200. Compared to tCr, 

higher NAA concentration was found both in the GM and the WM. On the other hand, tCho and 

NAAG were lower than tCr both in the GM and the WM. mI concentration was slightly lower than 
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tCr both in the GM and the WM. While Glu was higher in the GM compared to tCr, it was 

approximately the same as tCr in the WM. These tCr normalized metabolite ratios are also 

consistent with previous studies 177, 190. 

There are several limitations to our study. Even though the vendor-provided second-order 

shimming routine was found to provide good performance and has been used in previous MRSI 

studies177, 182, 200, the water suppression performance can still be affected by the B0 field 

inhomogeneity. This problem can be mitigated by using higher order and higher degree shimming 

or shimming the lipid region as a region of less interest (ROLI) 180, 214, 215. Better B0 shimming can 

also result in better separation of  the metabolites 215. B1 inhomogeneity can also affect the 

metabolite quantification. B1 insensitive adiabatic refocusing pulses have been proposed to reduce 

the signal loss 178, 216, 217. Further correction to B1 inhomogeneity can be achieved by using parallel 

transmit pulses designed for B1 inhomogeneity compensation or more complicated approaches, 

such as performing Bloch simulations to determine the excitation profile 180, 218. L2-regularization 

has been shown to effectively remove the lipid signal without reducing the SNR of the metabolites 

209, which has been used for MRSI studies at UHF 182, 200, 205. However, because of the alteration 

of the lipid range of the spectra, it can no longer be used to evaluate the macromolecules or lipid 

content alterations of the spectra. Additionally, the exact quantification of peaks close to this range, 

such as GABA, might be affected. As the TE for this study was very short (1.5 ms), T1 weighting 

is expected due to the short TR. This can be solved using tissue segmentation followed by a voxel-

wise relaxation correction that would account for the differences in the relaxation times across 

different tissues 218, 219. In addition, due to the short TE and TR, including macromolecules in the 

basis set simulation can increase the reliability of the metabolite quantification 220, 221. Fully 

sampled k-space was acquired in this study for RSI. Under-sampled k-space (with reduced number 
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of rosette shots) can also be implemented using compressed sensing to further reduce the imaging 

time. An alternative technique, such as parallel imaging, needs to be incorporated with RSI to 

increase the SNR of the metabolite signals compared to the lipid signals, or an additional lipid 

suppression pulse is needed to suppress the lipid signal 179, 190. 

In summary, we have demonstrated the feasibility of non-lipid suppressed high-resolution 1H FID 

rosette spectroscopic imaging of the human brain at 7T. This technique can be implemented within 

clinically feasible scan time and can provide information about spatial distribution of major 

metabolites in the human brain. This can be very useful in clinical application to diagnose central 

nervous system diseases. 
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Chapter 5 

Feasibility of Spinal Cord Imaging at 7T using Rosette Trajectory with Magnetization 

Transfer Preparation and Compressed Sensing 

 

5.1 Background 

MRI is a valuable diagnostic tool to investigate spinal cord (SC) pathology, such as cervical 

spondylotic myelopathy, multiple sclerosis, amyotrophic lateral sclerosis, and neurodegenerative 

diseases 38-42. However, the ability to detect subtle pathological features in SC MRI is limited by 

spatial resolution, contrast-to-noise ratio (CNR), and physiological motion 43-45. 

High spatial resolution is essential for SC MRI to minimize the partial volume effect between the 

gray matter (GM) and the white matter (WM) due to the small diameter of the cord (~1 cm)44. 

Ultra-high field (UHF) MRI can potentially improve SC diagnosis using increased signal-to-noise 

ratio (SNR) and improved susceptibility contrast to support high spatial resolution. Previous 

studies have demonstrated the advantage of UHF MRI of the SC at 7T 222-225. Routine Cartesian 

MRI of the SC is susceptible to image artifacts caused by physiological motion. The SC moves 

within the spinal canal together with the cerebrospinal fluid (CSF)226. Additionally, the entire spine 

is likely to move slightly with respiration, swallowing, and bulk motion. These motions can cause 

distortion, loss of contrast, decreased spatial resolution, and decreased SNR of the MR signal 43, 

44. Non-Cartesian acquisition technique, such as rosette, is inherently insensitive to bulk motion. 

Therefore, such non-Cartesian acquisition technique can greatly help reduce the motion-related 
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artifacts in SC MRI. The advantage of non-Cartesian acquisition has been demonstrated in 

diffusion, cardiac imaging, fMRI, and real-time imaging227-230. In spite of the potential advantage 

of the non-Cartesian trajectory, it has not been explored thoroughly for SC imaging. A recent study 

demonstrated the advantage of spiral imaging of the SC at 1.5T 231. These advantages can be further 

enhanced at UHF MRI. The properties that make rosette imaging more compelling than spiral 

imaging are flexible trajectory design, smoothly varying gradient waveforms and self-correction 

of inhomogeneity 46-48. Therefore, rosette imaging of the SC at UHF can potentially be of clinical 

interest. 

Conventional SC MRI focuses on T1 and T2 weighted imaging as they can reflect changes in the 

tissue, such as lesions, atrophy etc. However, within the tissue, there are semi-solid protons 

associated with large macromolecules with very short T2 relaxation times that are extremely 

difficult to be imaged with T1 and T2 weighted MRI. Magnetization transfer (MT) is an effective 

approach to evaluate these protons, as the MT effect is directly proportional to the water in tissue 

water and water associated with the macromolecules. The MT effect has been shown to be sensitive 

to the myelin concentration 232, 233. Therefore, the magnetization transfer ratio (MTR) in the spinal 

cord can provide valuable information in assessing spinal cord pathology. In addition to the MTR, 

cerebrospinal fluid (CSF) normalized MT weighted signal (MTCSF) has also been demonstrated 

to be clinically relevant in patients with the proven biochemical defect of adrenomyeloneuropathy 

(AMN) 234. MT-weighted rosette imaging of the SC can further improve the assessment of the SC 

with reduced motion artifacts and can be very useful in clinical applications. 

Imaging speed can be very important in many MRI applications. The implicit sparsity in MR 

images can be used to undersample the k-space, which can significantly reduce the imaging time. 

Compressed sensing (CS) is a valuable tool to exploit the sparsity in MR images 185, 186, 235. CS has 
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been evaluated in a number of MR applications, such as dynamic contrast enhanced MRI (DCE-

MRI), MR spectroscopy, pediatric MRI, phase-contrast MRI for cardiac imaging, and 

multispectral imaging of the spine 189, 190, 236-239. SC MRI can also benefit from CS, especially for 

long multi-slice/3D high resolution imaging sessions, by reducing the data size required to sample 

and decreasing the imaging time to a convenient limit for the patients. Reduced imaging time also 

makes it easier for the subjects to stay still inside the scanner, decreasing the possibility of motion-

related artifacts in the image. Non-Cartesian acquisition techniques, such as rosette, can take the 

advantage of CS to improve SC imaging. 

The goal of this study was threefold: (i) implement a technique for high-resolution SC imaging 

using rosette trajectory at 7T, (ii) demonstrate MT weighted high-resolution rosette imaging of the 

SC, and (iii) evaluate the application of CS for high-resolution rosette imaging of the SC. These 

techniques can be very useful in assessing SC pathology. 

 

5.2 Materials and Methods 

5.2.1 Rosette trajectory design 

The rosette trajectories oscillate in the radial direction about the origin of k-space with angular 

frequency 𝜔1 = 2𝜋𝑓1 , simultaneously rotating in the kx-ky plane with angular oscillation 

frequency 𝜔2 = 2𝜋𝑓2. The k-space trajectory is given by 46-48 

𝑘(𝑡) = 𝑘𝑚𝑎𝑥sin (𝜔1𝑡)𝑒
𝑖𝜔2𝑡 5.1 
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where kmax=Nx/(2.FOV) is the highest spatial frequency sampled, Nx is the matrix size and FOV is 

the field of view. The value of f1 and f2 can be chosen based on the intended shape of the k-space 

trajectory. We chose f1=f2 for constant maximum gradient strength throughout the readout, which 

results in a circular trajectory for a single shot 48. The corresponding gradient was calculated using 

𝐺(𝑡) =
2𝜋

𝛾

𝑑𝑘(𝑡)

𝑑𝑡
, where 𝛾 is the 1H gyromagnetic ratio 46-48. The total number of shots to fill up the 

k-space based on the intended image resolution was 48 

𝑁𝑠ℎ =
𝜋𝑁𝑥

2
 

5.2 

Rosette images were acquired with and without the application of the MT pulses for multiple slices. 

The schematic of the pulse sequence is shown in Figure 5.1. 
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Figure 5.1: Schematic of the pulse sequence used for rosette imaging. The outer (blue) box 

represents the module for one rosette shot and the inner (green) box represents the module for a 

single slice. The sequence is composed of 6 MT pulses that can be turned on/off for acquiring 

rosette data with/without the saturation of the macromolecules, followed by an excitation RF pulse 

for each slice to acquire n echoes. Gy and Gx represent the rosette gradients along the phase encode 

and the readout axes, and Gz is the slice selective gradient. Gy starts from 0 and returns to 0 for 

each acquisition, while Gx starts from the maximum value and ends at the same maximum value. 
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Therefore, ramp up and ramp down were used at the beginning and end of Gx. The inner module 

(green box) was repeated to acquire m slices. After acquiring rosette data for all the echoes from 

all the slices for each shot, the outer module (blue box) was repeated to acquire N rosette shots. 

5.2.2 SNR and CNR 

SNR for the GM, the WM and the CSF can be calculated using 240 

𝑆𝑁𝑅 =
𝑆𝑡𝑖𝑠𝑠𝑢𝑒,𝑚𝑒𝑎𝑛

𝑆𝐵𝐺,𝑆𝐷
 

5.3 

where Stissue,mean is the mean signal from tissue region of interest (ROI) and SBG,SD is the standard 

deviation of the noise (from background/air ROI). 

CNR between different types of tissue can be calculated using 240 

𝐶𝑁𝑅 =
𝑆𝑡𝑖𝑠𝑠𝑢𝑒1,𝑚𝑒𝑎𝑛 − 𝑆𝑡𝑖𝑠𝑠𝑢𝑒2,𝑚𝑒𝑎𝑛

𝑆𝐵𝐺,𝑆𝐷
 

5.4 

where Stissue1,mean and Stissue2,mean are mean signals from the two tissues of interest. 

5.2.3 MTR and MTCSF 

MTR was calculated from the images acquired with and without the MT pulses using 241 

𝑀𝑇𝑅 = 1 −
𝑆𝑀𝑇

𝑆𝑜
 

5.5 

where So and SMT are signals acquired without and with the MT pulses respectively. 
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MTCSF was calculated from the images acquired with MT pulses only, from the ratio of signals 

from the tissue (gray matter (GM)/white matter (WM)) and the CSF using 234 

𝑀𝑇𝐶𝑆𝐹 =
𝑆𝑀𝑇

𝑆𝐶𝑆𝐹
 

5.6 

where SCSF is the mean signal from CSF ROI. 

5.2.4 Compressed sensing 

The basis of CS is that the reconstructed image must be consistent with the Fourier transform of 

the acquired k-space data, having few large-valued coefficients when sparsely transformed. 

Essentially, this is an optimization problem (l1 regularization) that minimizes this form 186 

min
𝑥

(∥ 𝑌 − 𝐹𝑥 ∥2
2+ 𝜆 ∥ 𝜓𝑥 ∥1) 5.7 

where Y is the measured k-space data, x is the reconstructed image, F is the Fourier transform, 𝜓 

is a transform such that 𝜓𝑥 becomes sparse, and 𝜆 is a regularization parameter weighting the 

relative importance of the two terms. The symbols ∥ ⋯ ∥1 and ∥ ⋯ ∥2
2 represent sums of absolute 

values and their squares, respectively. Eq 5.7 can be solved using a nonlinear conjugate gradient 

descent algorithm as demonstrated in 186. Data were reconstructed from a reduced number of 

rosette shots using CS with total variation (TV) sparsifying transform and parameters similar to 

the GRASP technique 242 and compared with the images reconstructed with the required number 

of shots using Eq 5.2. 

5.2.5 Recruitment 
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The study was approved by the Auburn University Institutional Review Board (IRB). All 

experiments were performed in accordance with the IRB guidelines and regulations. All the 

subjects provided informed consent prior to participation in the study. Five healthy subjects 

(age=41±13 years, weight=73±11 kg) participated in the study. All the participants were non-

smokers and had no history of neuromuscular or metabolic disease.  

5.2.6 Imaging pulse sequence 

All the experiments were performed on a Siemens 7T Magnetom (Erlangen, Germany) using 8 

channel spine coil. The peak gradient and slew rate of the scanner were 70 mT/m and 200 

mT/m/ms, respectively. 

The pulse sequence used for rosette imaging is shown in Figure 5.1. Six MT pulses, each with 

duration of 16.64 ms (bandwidth=80 Hz), were tuned on/off before the excitation pulse to acquire 

images with/without MT weighting. The MT pulse offset frequency was 500 Hz with flip angle of 

500o to saturate the macromolecules. The MT pulse train (6 MT pulses) was applied once for each 

TR, where the TR included the acquisition time for all the echoes in all the slices for each rosette 

shot. Then, it was repeated for all the rosette shots. Following the MT pulse train, a sinc excitation 

pulse with pulse duration of 1 ms was used to excite each slice. 

The rosette acquisition parameters were: FOV=192 mm, matrix=384, in-plane resolution=0.5×0.5 

mm2, slice thickness=4mm, number of slices=7, f1=f2=1500 Hz, flip angle=390, sampling time=1 

μs, and TR=500 ms. The total number of rosette shots acquired was 603 (using Eq 5.2). Combining 

multi-echo images can improve the contrast of the image222. For rosette imaging, multi-echo 

images were acquired at TE=3, 7.8 and 15 ms. To compare the rosette images, single echo FLASH 

images were also acquired with the same FOV, matrix size, in-plane resolution, slice thickness, 
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and number of slices. Other parameters for the FLASH acquisition were: TE=3 ms, TR=40 ms, 

and flip angle=100. 

5.2.7 Data analysis 

Data analysis was performed offline using MATLAB (MathWorks, Natick, MA). Discrepancy in 

the rosette trajectory due to the magnetic field inhomogeneity was corrected using an estimated 

linear field map from the 1st two rosette echo images 204. Then the rosette images were 

reconstructed for each slice using 2D gridding on a two-fold oversampled grid with a Kaiser-

Bessel kernel window W=4 207 and density compensation was applied 208. Images were 

reconstructed from 603 shots and a reduced number of shots using CS 186. 

Reconstructed images were segmented using the spinal cord processing toolbox (SCT) 243, and 

SNR for the GM, the WM, and the CSF were calculated using Eq 5.3. The CNR for GM:WM and 

CSF:WM were calculated using Eq 5.4. MTR was calculated using Eq 5.5 from the images 

acquired with and without the MT pulses. MTCSF was calculated using Eq 5.6, where the mean 

signal from CSF ROI was used as SCSF. All results are reported as mean ± standard deviation. 

 

5.3 Results 

The maximum gradient amplitude was 35.23mT/m, and the maximum slew rate was 105.7 

mT/m/ms for the chosen rosette design (Figure 5.2).  Representative single echo rosette images 

(603 shots) from 7 slices on the spine at TE=3 ms are shown in Figure 5.3. Single echo rosette 

images (603 shots) show reduced blurring and sharper contrast among the GM, the WM and the 

CSF compared to single-echo FLASH images (TE=3 ms for both) (Figure 5.4). Slice 4-7 (SL 4-
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SL 7 in Figure 5.3) show severe motion artifacts in the FLASH images, while the rosette images 

do an excellent job in reducing the motion artifacts (Figure 5.4). Rosette images also demonstrated 

overall higher SNR and CNR compared to the FLASH images. Comparisons of the SNR and CNR 

between rosette and FLASH images are provided in Table 5.1. 
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Figure 5.2: Rosette trajectory for a single shot (A), corresponding gradients (B), and slew rates 

(C) along X and Y axes for f1=f2=1500 Hz, FOV=192 mm, and matrix size=384. A total of 603 

shots were needed to fill up the k-space with the intended image resolution (D). 
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Figure 5.3: Slice locations on the SC (SL 1-SL 7) and corresponding rosette images from a 

representative subject.  

 

Figure 5.4: Comparison of rosette (top row) and Cartesian (FLASH, bottom row) images from 

seven slice locations (SL 1-SL 7) from a representative subject. Rosette images show higher 

contrast between different tissue types compared to the Cartesian images. Severe motion artifacts 

are visible in the Cartesian images (SL 4-SL 7), which are significantly improved in the rosette 

images. 

Table 5.1: Comparison of the SNR (in the WM, the GM, and the CSF) and the CNR (GM:WM 

and CSF:WM) among single-echo Cartesian images, average of multi-echo fully sampled (603 

shots) rosette images, single-echo fully sampled rosette images, and single-echo undersampled 

rosette images reconstructed using CS (201 shots-CS and 100 shots-CS) from all the subjects. 

TE=3 ms for all single-echo data, and TE=3, 7.8 and 15 ms for all multi-echo data. 

 SNR CNR 

 WM GM CSF GM:WM CSF:WM 
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Single echo 

Cartesian (FLASH) 

25.3±3.7 26.7±4.1 57.4±6.3 1.3±0.3 31.8±5.7 

603 shots multi-

echo average 

rosette 

51.8±7.3 57.3±6.2 121.6±8.4 7.2±1.7 67.1±6.3 

603 shots single 

echo rosette 

45.7±6.1 49.4±3.7 109.3±9.8 4.8±1.1 59.6±7.2 

201 shots-CS single 

echo rosette 

42.9±7.3 46.6±6.2 105.1±8.7 4.1±1.1 56.8±8.7 

100 shots-CS single 

echo rosette 

38.1±4.6 40.9±7.3 93.6±9.3 2.9±0.9 47.6±9.8 

 

Averaging multiple echo time rosette images (TE=3, 7.8 and 15 ms) significantly improves the 

contrast among the GM, the WM, and the CSF in the spinal cord (Figure 5.5) compared to the 

single-echo images (TE=3 ms). SNR and CNR from multi-echo averaged images were also higher 

than the single-echo rosette images (Table 5.1).  
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Figure 5.5: Comparison of single-echo rosette images (TE=3 ms, top row) and the average of 

multi-echo rosette images (TE=3, 7.8, and 15 ms, bottom row) from seven slice locations (SL 1-

SL 7) from a representative subject. Multi-echo averaged rosette images show improved contrast 

between different types of tissues compared to the single-echo images. 

MTR and MTCSF maps from a representative subject are shown in Figure 5.6. MTR was lower in 

the GM (0.12 ± 0.017) compared to the WM (0.18 ± 0.011), averaged across all the subjects. MTR 

in the CSF was approximately 0, as the CSF has little to no MT effect 43. Due to the definition of 

MTCSF, the tissue contrast in MTCSF map is inverted from that of the MTR. MTCSF was higher 

in the GM (0.74±0.013) compared to the WM (0.58±0.009), averaged across all the subjects. 

Obviously, MTCSF in the CSF was approximately 1 as MTCSF is calculated by normalizing to 

the average CSF signal. 
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Figure 5.6: MTR and MTCSF maps ((A) and (B), respectively) from a representative subject. 

MTR and MTCSF show inverted contrast between different types of tissues. 

CS reconstruction of undersampled data (100 and 201 shots) shows image quality comparable to 

the images reconstructed from fully sampled data (603 shots) (Figure 5.7). For 201 shots, images 

reconstructed with CS are almost identical to the images reconstructed from 603 shots. SNR and 

CNR from 201 shots-CS images were also very close to the 603 shots images (Table 5.1). While 

the images reconstructed from 100 shots with CS lose some minor details, it is still very 

comparable to the images reconstructed from 603 shots. SNR and CNR from 100 shots-CS images 

were slightly lower than the 603 shots images but still better than the Cartesian images (Table 5.1). 

Undersampled rosette acquisition with compressed sensing reconstruction allows us to reduce the 

acquisition time by up to 6x and potentially help with patient comfort and reduced motion blurring.  



 138 

 

Figure 5.7: Evaluation of CS for rosette imaging of the SC. Rosette images reconstructed from 

fully sampled k-space (603 shots) from three representative slice locations (SL 3, SL 5, and SL 7). 

Rosette images reconstructed using CS from undersampled k-space (201 and 100 shots) show 

significant improvement over the same images reconstructed without CS and are very similar to 

the images reconstructed from fully sampled k-space.  

 

5.4 Discussion 

This study is the first report to demonstrate high-resolution rosette MRI of the SC at 7T. We also 

demonstrated high-resolution MT contrast and the application of CS for rosette imaging of the SC. 

The advantages of the rosette acquisition compared to the routine Cartesian acquisition, including 

low susceptibility to bulk motion and improved contrast, can greatly benefit the investigation of 

SC pathology in the clinical setup. MT-weighted rosette imaging can provide further valuable 
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information, such as MTR and MTCSF, which have added value to assess WM pathology. CS can 

be very useful for rapid SC rosette imaging, which can make the imaging time convenient for the 

patients and also help reduce the motion artifacts. 

In spite of the obvious potential advantages of UHF MRI of the SC, there are still considerable 

challenges associated with 7T SC imaging that need to be overcome. Previous studies have 

demonstrated the advantage of UHF MRI of the SC at 7T, but they mostly concentrated on the coil 

design 222, 223, 225, 244, 245. SNR, CNR, and motion artifacts are some of biggest issues that need to 

be addressed for high resolution SC imaging. In our study, rosette images of the SC showed 

significant improvement over Cartesian (FLASH) images. Enhanced contrast between different 

types of tissues were visible in rosette images compared to the Cartesian images (Figure 5.4). 

Averaging multiple echo rosette images further improves the contrast (Figure 5.5). Overall, SNR 

and CNR for different types of tissues were also higher in the rosette images (Table 5.1). Rosette 

images did an excellent job to reduce the physiological motion related artifacts in the images 

compared to the Cartesian images, especially at the locations of thoracic SC and towards the lower 

end of cervical SC that are more prone to respiratory motion (Figure 5.4). The rosette acquisition 

technique has already been used in a number of MR applications such as MR spectroscopic 

imaging (MRSI), fMRI, etc. 47, 48, 227. These advantages of rosette imaging over Cartesian imaging 

can make it a potential candidate for routine SC imaging. 

The effect of MT has been evaluated in diseases such as multiple sclerosis (MS), defect of 

adrenomyeloneuropathy (AMN), etc. 125, 173, 232, 234. Therefore, MTR and MTCSF can be valuable 

non-invasive biomarkers in WM diseases. MTR and MTCSF depend on the macromolecular 

concentration. MTR is usually higher in the WM due to the high concentration of macromolecules, 

such as proteins and lipids, present in the myelin sheath. On the other hand, as per the definition 
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of MTCSF, the tissue contrast in MTCSF is opposite to that of MTR (i.e., higher in the GM and 

lower in the WM).  WM pathology, such as demyelination causes the macromolecular 

concentration in the WM to drop and consequently affects the MTR and MTCSF. Although MTR 

and MTCSF are very useful in investigating such diseases, there are no standard values for MTR 

and MTCSF since they depend on the amount of the macromolecular saturation. However, using 

the same MT protocol for control subjects and patient populations would be an effective way to 

assess the difference. The average MTR in this study was relatively low (0.12 ± 0.017 and 0.18 ± 

0.011 in the GM and the WM, respectively). This is because relatively low MT power was used in 

this study to keep the specific absorption rate (SAR) low. Nevertheless, this was sufficient to 

generate good MT contrast between the tissues (Figure 5.6). The corresponding MTCSF map also 

shows good contrast between the tissues (Figure 5.6). The direct spillover effect of the MT pulses 

was measured to be <2%. Although an offset frequency of 500 Hz for the MT pulses shows good 

MT contrast, higher offset frequencies can potentially improve the MT contrast further 234. MT 

contrast with respect to different offset frequencies was not tested in this study. 

CS reconstruction of the SC rosette images demonstrates that the k-space can be undersampled 

without severely compromising the image quality. The optimum number of shots for the intended 

resolution in this study was 603 (Eq 5.2). Images reconstructed from 201 shots with CS are very 

similar to the images reconstructed from 603 shots (Figure 5.7). The SNR and the CNR for 603 

shots reconstruction and 201 shots-CS reconstruction are also very similar (Table 5.1). This can 

accelerate the imaging by a factor of 3. Rosette images reconstructed from 100 shots using CS 

have a minor downgrade in the image quality compared to the images reconstructed from 603 shots 

(Figure 5.7) but still have better image quality than the Cartesian images. The SNR and CNR for 

100 shots-CS reconstructed rosette images were slightly lower than the 603 shots reconstructed 
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images but still higher than the Cartesian images (Table 5.1). This can accelerate the rosette 

imaging by a factor of 6. The application of CS has been evaluated in a number of MRI studies, 

such as chemical shift imaging (CSI), phase-contrast MRI for cardiac imaging, dynamic contrast 

enhanced MRI (DCE-MRI), pediatric MRI, and multispectral imaging of the spine 189, 190, 236-239. 

SC rosette imaging can also benefit from the application of CS in disease diagnosis. 

The imaging time for rosette acquisition depends on the number of shots and oscillation 

frequencies (f1 and f2). Choice of the oscillation frequencies are limited by the hardware of the 

scanner (i.e., maximum gradient and slew rate of the system). We chose f1=f2=1500 Hz to keep the 

maximum gradient and slew rate relatively low. The chosen design for the rosette trajectory in this 

study resulted in a maximum gradient of 35.23mT/m and maximum slew rate of 105.7 mT/m/ms, 

which are roughly half of the maximum capacity of the system (70 mT/m and 200 mT/m/ms, 

respectively). CS can reduce the number of shots required for imaging, as demonstrated in this 

study, which can reduce the imaging time significantly. The imaging can be made even faster by 

increasing the oscillation frequencies, but it would push the maximum gradient and slew rate limits 

of the system. We used an in-plane resolution of 0.5×0.5 mm2 in this study. Even higher resolution 

rosette imaging is possible (i.e. 0.3×0.3 mm2 in-plane resolution), but it was not the goal of this 

study. Our goal was to demonstrate the feasibility and advantages of rosette imaging of the SC at 

UHF MRI. Higher resolution rosette imaging is a goal of our future study. 

In summary, we demonstrated the feasibility of a technique for high-resolution rosette imaging of 

the SC at 7T, with the addition of MT-weighted rosette imaging and the application of CS. This 

technique can be very useful to reduce motion artifacts and improve the SNR and the CNR 

compared to routine Cartesian imaging. Additionally, MT-weighted imaging and CS can help 
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diagnose WM pathology and reduce the imaging time, which can be beneficial for clinical 

applications. 
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Chapter 6 

Conclusion 

 

Quantitative MRI of hemodynamics, endothelial function, and metabolites can provide valuable 

information about blood and nutrition supply, oxygenation, vascular integrity, and metabolite 

concentrations in vivo. This information can be very crucial in the early diagnosis of CNS and 

musculoskeletal pathology. This work presents a comprehensive study for improved imaging 

techniques to measure hemodynamic, endothelial, and metabolite information in the CNS and 

skeletal muscle. In this work we have demonstrated an improved motion-robust non-Cartesian 

imaging technique for high-resolution SC imaging, a fast and motion-robust technique for high-

resolution proton metabolic mapping in the human brain, a novel non-contrast technique for the 

measurement of blood-brain barrier permeability, and the feasibility and repeatability of a 

technique for the combined measurement of blood flow, perfusion, oxygen saturation, and 

oxidative metabolism in the skeletal muscle. Further work is required to improve and calibrate the 

techniques demonstrated in this work for routine clinical applications. Nevertheless, this work can 

be very useful for the investigation of different pathologies both in the CNS and skeletal muscle.  
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