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ABSTRACT

In-Vivo Three dimensional Proton Hadamard Spectroscopic Imaging in the Human
Brain
OURI COHEN
Magnetic resonance spectroscopic imaging (MRSI) is a useful tool for obtaining information
on the biochemical processes underlying various pathologies. A widely used multi-voxel
localization method is chemical shift imaging (CSI) which uses gradients for phase encoding.
Although simple to implement, low in specific absorption rate (SAR) and immune to chemical
shift displacement (CSD), it also suffers from some well known drawbacks caused by its sincshaped point spread function (PSF). This results in loss of both signal-to-noise ratio (SNR) as
well as localization, an effect that is exacerbated at low resolutions. In contrast, an alternative
localization method, Hadamard spectroscopic imaging (HSI) benefits from a theoretically ideal
PSF and consequently does not suffer from these drawbacks.

In this work we exploit the theoretically ideal PSF of HSI encoding to develop a novel three
dimensional (3D) multi-voxel MR localization method based on transverse HSI (T-HSI). The
advantages of T-HSI are that unlike gradient phase-encoding: (i) the volume of interest (VOI)
does not need to be smaller than the field-of-view to prevent aliasing; (ii) the number of
partitions in each direction can be small, 8, 4 or even 2 at no cost in PSF; (iii) the VOI does not
have to be contiguous; and (iv) the voxel profile depends on the available B1 and pulse synthesis
paradigm and can therefore, at least theoretically, approach “ideal” “1” inside and “0” elsewhere.
Clinical utility of the new method is shown by spectra obtained from the brain of a healthy
volunteer.

The benefits of T-HSI are demonstrated by a quantitative comparison to CSI of the SNR and
localization in a phantom in both one and three dimensions at clinical resolutions. A novel matrix
formalism is used to quantify the impact of non-ideal flip angles on T-HSI. The superior PSF of
T-HSI is then used to demonstrate the feasibility of scanning regions near or on the skull while
limiting the impact of lipid contamination and obtaining quantifiable spectra. A comparison to
spectra obtained using CSI is shown for a healthy volunteer. The new method is also used in a
clinical pathology: to scan multiple sclerosis (MS) lesions occurring near the skull.

To maintain the benefits provided by the PSF of HSI at higher fields, despite its susceptibility
to CSD, a additional hybrid sequence is also developed that limits both the SAR and the CSD,
regardless of the size of the VOI. A comparison to CSI in a phantom and in-vivo is carried out
and spectra obtained from the brain of a healthy volunteer at 3T are shown. Finally, future
research avenues involving extension of this research to ultra high fields (7T) are discussed and
possible clinical uses are described.
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Chapter 1- Introduction
Motivation
Clinical
Magnetic resonance imaging (MRI) has found clinical use in a wide range of applications. A
few of the benefits it offers include noninvasive diagnostic capability, lack of ionizing radiation
and millimeter resolution all within reasonable scan times. In the brain, MRI has been used to
diagnose a host of neurological diseases and disorders including Alzheimer's disease (1,2),
Parkinson's disease (3-5), multiple sclerosis (MS) (6-8), and cancer (9,10). Structural MRI is not
without constraints, however. Diffuse lesions commonly occurring in MS, epilepsy and traumatic
brain injury, among others, are often not detectable in structural MR images that measure the
large, 5M, concentration of water in the brain (11-15). In contrast to the large water signal the
significantly smaller (1-10mM) concentrations of metabolites are measured in proton magnetic
resonance spectroscopic imaging (MRSI). Commonly measured metabolites include N-acetylaspartate (NAA), Choline (Cho) and Creatine (Cr) although myo-Inositol (mI), lactate (Lac),
Glutamine (Gln) and Glutamate (Glu) can in principle be measured as well. Since the MR signal
to noise ratio (SNR) at a given magnetic field strength is a function of the voxel size and the
acquisition time (16,17) the smaller metabolite signal requires either large voxels (i.e. low
resolution) or long scan times. These drawbacks are offset by the clinical and diagnostic
information provided by changes in metabolite concentrations in a host of diseases:
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Alzheimer’s disease (AD)
Alzheimer’s disease is a progressive brain disease mainly responsible for loss of cognitive
function in older people. The disease is irreversible and has no cure although several FDAapproved treatments exist to alleviate the associated symptoms by regulating the
neurotransmitters involved in thinking and memory (18,19). Currently affecting about 4 million
people in the United States alone, the prevalence of AD is projected to quadruple in the next 50
years, becoming an enormous public health problem(20). Early diagnosis of the disease and
subsequent early intervention can have a major public health impact. The causes of AD are
unknown although the prevailing hypothesis is that it is caused by a deposit of amyloid-β peptide
in the brain leading to a buildup of plaque and consequent neuronal dysfunction and death (21).
As expected, given the neuronal impact of the disease, metabolite levels are affected as well (22)
which presents an opportunity for non-invasive tracking, and possible early diagnosis, of the
disease using MRSI.
Multiple Sclerosis (MS)
Multiple sclerosis is an autoimmune disease which affects the brain and the spinal cord. The
disease is caused by damage to the fatty myelin sheath protecting the neuronal axons and is
characterized by the formation of sclerotic white matter plaques (23). While the mechanism of
the disease is known, the root cause is not and is hypothesized to consist of both genetic and
environmental factors (24). Over time, the clinical impact of the disease is a progressive
accumulation of disability. Estimates for the prevalence of MS in the United States range
between 200 000 and 350 000 (25,26). The clinical diagnosis of MS is defined by the occurrence
of two clinical episodes within a month of each other or, alternatively, by a single clinical
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episode as well as the presence of lesions in a neurological MRI (27). However, MRI lesions
alone do not suffice for diagnosing MS since lesions can appear despite the lack of clinical signs
of the disease. Conversely, MS can be present in patients with normal appearing MRI. Since
MRSI reveals changes in metabolite concentrations it can aid in obtaining an accurate diagnosis
in spite of the normal appearing MRI (14,28,29).
Amyotrophic lateral sclerosis (ALS)
Also known as Lou Gehrig’s disease in the United States, ALS is a progressive
neurodegenerative disease that affects the motor neurons (30). There are approximately 15 000
cases in the United States with about 6000 new cases appearing yearly. Individuals affected by
the disease eventually lose the ability to eat and breathe as the muscles regulating those activities
atrophy, exhibiting a median survival time of 4 years from the onset of the disease (31). There is
no cure for ALS and only one drug of modest, proven efficacy (32). Moreover, no diagnostic test
exists for ALS and diagnosis relies mainly on clinical assessments. The use of MRSI has been
shown to yield useful surrogate markers of ALS and is particularly useful in distinguishing
patients with progressive muscular atrophy from those with ALS (33). Given the relatively weak
signal of the metabolites used in the diagnosis (34) the detection of these metabolites can be
challenging, requiring methods with short echo times and high SNR.
Epilepsy
Epilepsy is a neurological disorder which affects approximately 3 million people in the United
States alone with 180 000 new cases appearing yearly. Treatment cost for the 3 million affected
are estimated at nearly $13 billion (35). The disorder is characterized by seizures which are
thought to arise in the brain cortex and are caused by rhythmic firing of neurons in the central
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nervous system (36). Epilepsy is commonly treated by administration of anti-seizure drugs. In
drug-resistant cases where the seizure focus is localized to brain areas which don’t interfere with
vital functions, resection of the seizure focus may be effective (37,38). Since the neuronal losses
typically associated with seizure foci result in reduced concentration of NAA, MRSI can be used
to localize the seizure foci (39) and has even been shown to predict surgical outcome in MRInegative epilepsy (40).
Technical
To obtain metabolite concentrations, single-voxel or multi-voxel techniques can be used.
Single voxel methods offer limited brain coverage and require averaging many acquisitions due
to the low SNR. Multi-voxel MRSI is commonly done with chemical shift imaging (CSI) which
uses gradient phase encoding in orthogonal directions to encode the spatial position of the
acquired spectra (41). Some of the advantages of CSI are its simplicity to implement, low
specific absorption rate (SAR) and immunity to chemical shift displacement (CSD), making it
also especially attractive at higher fields. However, CSI also has a few, often ignored,
limitations: its field-of-view (FOV) must be greater than the object to avoid aliasing and the
finite k-space sampling, due to limited scan time, results in a sinc-like point-spread-function
(PSF) that distributes a fraction, per direction, of any voxel's signal across the FOV (42).
Ignoring contributions from neighboring voxels, the net effect is a reduction in the localization
accuracy (43-45) and an artifactual change of the signal-to-noise-ratio (SNR) (46). Since the
sensitivity and reasonable scan durations of protons at 1.5 T limits voxel size to ~1 cm3, the PSF
at such low spatial resolutions admixes extraneous signals, especially from the skull lipids, into
the volume of interest (VOI) that can confound and even overwhelm its metabolites' signals.
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Avoiding this extraneous contamination requires that these signals be suppressed, e.g., by a
series of outer volume suppression (OVS) bands over the skull (43,44). Although effective, the
multitude of pulses entails high SAR. Nulling lipids with inversion recovery instead (45), may be
less effective due to multiple T1s and incurs a 30 to 40% SNR penalty (47). Either strategy is
often combined with selective-excitation using PRESS or STEAM. Both incur two
shortcomings: First, the common 30, 144 or 288 ms short, intermediate, or long TEs (48-51)
suffer 14-50% metabolites’ signals T2 decays. Second, TEs›20 ms cause J-coupling modulation
(52). Hybrid sequences that incorporate elements from both to overcome the obstacles either
depend on echo formation with its T2 signal loss (53), or require many OVS pulses that increase
the SAR and recycle times, TR, (54).
These issues can be addressed with Hadamard spectroscopic imaging (HSI) that, unlike CSI,
offers a controlled PSF, regardless of the number of phase-encoding steps. Like CSI, HSI
benefits from voxel-shift and zero-fill operations in post processing (55) and is also optimal in
SNR/unit time since the entire VOI is excited each TR (56). The focus of this thesis is the
development of a transverse HSI sequences which overcome the above limitations.

Overview of the thesis
The structure of this thesis is as follows:
Chapter 1 provides the motivation behind the research and gives an overview of the thesis and
its novel contributions.
Chapter 2 introduces the physics of MRSI and gives a background and description of the
phase encoding methodologies referenced in this thesis.
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Chapter 3 describes the theory behind the proposed transverse Hadamard spectroscopic
imaging (T-HSI) sequence, its implementation on a clinical scanner, a comparison to CSISTEAM in a phantom and the in vivo results obtained on a healthy volunteer.
Chapter 4 quantitatively compares the SNR and bleed of the proposed sequence to that of CSI
in a three-dimensional phantom while accounting for various signal bleed mechanisms. A matrix
formalism is developed to analytically compute the SNR and bleed due to imperfect flip angles.
Chapter 5 demonstrates a clinical application of T-HSI in a pathological case to obtain
quantifiable spectra from lesions occurring near the skull as well as in a healthy volunteer.
Chapter 6 describes an extension of the T-HSI sequence to higher magnetic fields that solves
the chemical shift displacement (CSD) problem. Voxel bleed and SNR comparisons to CSI are
shown in a phantom and in-vivo and spectra from a healthy volunteer are displayed.
Chapter 7 concludes the dissertation and details future research directions arising from this
research.

Novel contributions of the thesis
The novel contributions of this thesis are:
1. Creation of a three-dimensional transverse Hadamard sequence: Several key
improvements differentiate this sequence from previous work (56-58).
a. Hadamard encoding in all three dimensions avoid the signal loss in each
dimension associated with the PSF of CSI.
b. Reduced number of required pulses leading to lower SAR and greater
robustness to B1 inhomogeneities.
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c. Elimination of echo time to allow acquisition of short T2 and J-coupled
metabolites.
d. Short phase cycling scheme which both reduces the minimal required number
of scans as well as provides outer volume suppression.
e. Demonstrated acquisition of quantifiable spectra in-vivo.
This work resulted in the following publications:


Cohen O, Tal, A, Goelman G, Gonen O. Non-spin-echo 3D Transverse
Hadamard Encoded Proton Spectroscopic Imaging in the Human Brain,
Magnetic Resonance in Medicine (In Press)



O. Cohen, O. Gonen. Human Brain Non Echo 3D Hadamard
Spectroscopic Imaging. In Proceedings of the ISMRM, 2012

2. Quantification of improvements of T-HSI in SNR and bleed over CSI: Given the
more controlled PSF of the T-HSI sequence a lower bleed, and consequently, higher
SNR than CSI is expected. This work is the first to precisely quantify the difference
between the methods for these clinically important metrics in both one and three
dimensions while accounting for different loss mechanisms. An original matrix
formalism is developed to analytically analyze the impact of flip angles errors on SNR
and bleed in T-HSI and is used to assess the losses of the method under real
experimental conditions.
This work resulted in the following publications:
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Cohen O, Tal, A, Gonen O. Sensitivity and Localization of 3D Transverse
Hadamard Versus Chemical Shift MR Spectroscopic Imaging (submitted to
Magnetic Resonance in Medicine)



O. Cohen, O. Gonen. SNR and voxel bleed comparison between 3D
CSI and 3D HSI. In Proceedings of the ISMRM, 2012

3. Application of the T-HSI sequence near the skull in a pathological case: In light of
the strong subcutaneous lipid signal in the brain MRSI is typically performed away
from the skull. Given the natural curvature of the brain and the typically parallelpipedshaped VOIs, significant loss of coverage is inevitable which prohibits acquisition of
pathologies occurring near the skull. In contrast, T-HSI allows acquisition of
quantifiable spectra even when the VOI is placed on the skull. In this thesis we
demonstrate for the first time the clinical feasibility of scanning MS lesions that extend
all the way to the skull without the need for SAR intensive saturation pre-pulses or
inversion recovery lipid-nulling.
This work resulted in the following publications:


Cohen O, Tal, A, Gonen O. Transverse Hadamard Spectroscopic Imaging
of Multiple Sclerosis Lesions in Proximity to the Skull. (in preparation)

4.

Solving the chemical shift displacement problem of three-dimensional Hadamard
sequence for use at higher fields: The N-th order superposition pulses used in T-HSI
entail an N-fold increase in the maximum B1 used for slice selection. The available B1
is reduced at higher magnetic fields necessitating a commensurate reduction in the
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selection gradient and an increase in the chemical shift displacement in addition to
deteriorating the slice profile and increasing the bleed. The T-HSI sequence is therefore
not suitable for uses at higher fields. In this thesis we present a novel extension of the
method which maintains the benefits of Hadamard encoding while reducing the
chemical shift displacement to minimal levels.
This work resulted in the following publications:


Cohen O, Tal, A, Gonen O. Three Dimensional Multi-voxel Proton
Hadamard Spectroscopic Imaging in the Human Brain at 3T. (submitted to
Magnetic Resonance in Medicine)



O. Cohen, A. Tal, O. Gonen. Three Dimensional Multi-voxel Proton
Hadamard Spectroscopic Imaging in the Human Brain at 3T. In
Proceedings of the ISMRM, 2013.
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Chapter 2- Background
This introduction gives an overview of the concepts and methods directly relevant to this
thesis and is not meant to be exhaustive. More comprehensive treatments of these subjects can be
found elsewhere (59-62).

MR Physics
Nuclear spins give rise to a magnetic dipole moment in the presence of an external constant
magnetic field B0. In accordance with the laws of quantum mechanics, the spins’ magnetic
moment in a spin ½ atom, such as hydrogen, can be in one of two energy states: high (+1/2) or
low (-1/2). The population difference between these two states gives rise to a bulk magnetization
M which is parallel to B0 and is composed of the individual magnetic moments of the nuclei in
the sample. In the transverse direction perpendicular to the field, the spins are distributed at
random so their magnetization cancels out. Since only transverse magnetization can be detected,
a radiofrequency (RF) field, B1, applied perpendicularly to B0 can be used to rotate the spins
towards the transverse plane. The combination of the two fields causes a precession of the
magnetic moment (63). The rate of precession, ω0 is given by the Larmor equation:




0 (r )   H B0 (r )
[1]

11

Figure 1: Precession of the bulk magnetization M around the static magnetic field B0 (a). An RF
field B1 applied perpendicularly to B0 tips the magnetization by an angle α to the
transverse XY plane where it induces a signal in a surrounding coil which is detected as
the free induction decay (b) shown here with a relaxation time constant of 50 ms.
where γH is the gyromagnetic ratio of hydrogen. To ensure a complete rotation of the
magnetization the B1 field needs to be applied at the Larmor frequency also known as on
resonance. Since the B0 field can vary in space, a pulse played at a single resonance frequency
cannot satisfy the resonance condition for all spins, resulting in diminished signal. The rotating
magnetization induces a sinusoidal voltage in the coil surrounding the sample which is called the
free induction decay (FID) since it decays over time as the magnetization returns to thermal
equilibrium. An echo is obtained when the spins’ phases realign after excitation producing a
temporary increase in the signal detected.
Two distinct mechanisms govern the return of the magnetization to thermal equilibrium. The
first, with an exponential time constant of T1, acts on the longitudinal magnetization Mz while
the second, with a time constant T2, acts on the transverse magnetization MXY. Letting M0 be the
value of the magnetization at thermal equilibrium, the relaxation process following a 90° pulse
can be described by the following equations
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M Z (t )  M 0 (1  e t /T1 )

[2]

M XY (t )  M 0e  t /T2

[3]

In practice, the transverse magnetization actually decays with a relaxation time constant T2* <
T2 due to the magnetic field inhomogeneities that causes the spins to lose their phase coherence
at a faster rate. This problem can be minimized by using gradient shim coils. These coils
generate small magnetic fields which either add or subtract from the static field B0 in order to
render it more homogeneous.

MR Spectroscopy
Although the sample is immersed in the static magnetic field B0 the nuclei actually experience a
reduced effective field due to the shielding provided by the surrounding electron clouds. This
shielding, which is dependent on the molecular structure of the compound, affects its resonance
frequency. Letting σ be the shielding term in parts-per-million (ppm), the modified resonance
frequency is given by

0   B0 (1   )

[4]

The differences in frequencies between compounds in a sample, known as chemical shifts,
allow nuclei in different chemical groups to be differentiated from one another. These chemical
shifts give rise to an FID that is a superposition of exponentially decaying sinusoids, each
differing in frequency. Fourier transforming the FID results in distinct, Lorentzian-shaped, peaks
whose amplitude is a function of the amount of compound present in the sample. As the
magnetic field strength is increased, the spectral separation between the peaks is increased as
well, as shown by Eq. [4]. This facilitates the identification of different compounds and is one of
the main drivers behind high field spectroscopy.

13

Another feature of the spectrum that is the result of interactions between nuclei of the same
compound via their chemical bonds is the scalar or J coupling. The effect on the spectrum is a
splitting of the resonance peak into smaller peaks (64). The frequency difference between the
peaks is denoted by a coupling constant J that is independent of the magnetic field strength (60).
Contrary to the dephasing caused by resonance-offset effects, J coupling cannot be refocused
using traditional methods like spin-echos (65).
Product operators
While uncoupled spins may be treated using classical vector models, J-coupled spins require a
quantum mechanical treatment, such as that provided by density matrix theory (66). A
simplification of density matrix theory is given by the product operator formalism (67) where the
x,y and z components the magnetization are denoted by spin angular momentum operators: IX,
IY,IZ. The evolution of the magnetization in time is governed by the Hamiltonian operator which
denotes the energy of the system. The density operator σ(t) describing the state of the system at
time t can be computed from the product of the initial operator σ(0) with the appropriate
Hamiltonian H:

 (t )  e  iHt (0)eiHt

[5]

Hamiltonians for pulses, gradients and free precession can be thought of in terms of geometric
rotations of the spin angular momentum operators, allowing an intuitive understanding of the
underlying spin evolution. Assuming σ(0) = IB and letting H= θIA where IA is relevant operator
and θ the rotation angle, the solution to Eq. [5] is given by
e  I A I B e I A  I B cos   I C sin 

[6]
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Thus, the application of a Hamiltonian to an initial operator IB results in the cosine of the
rotation angle multiplied by the old operator IB plus the sine of the rotation multiplied by a new
operator IC. The new operator IC can be determined using the diagrams shown in Figure 2.

Figure 2: Initial and final operators resulting from rotations about the X (a) ,Y (b) and Z (c) axes.

In the case of J-coupled spins, the Hamiltonian will be a product of two operators (one for
each of the coupled spins) and the results can be obtained using the diagram of Figure 3.

Figure 3: Initial and final operators resulting from spin evolutions under coupling. The doubled
subscripts represent spins 1 & 2.

Localization methods
While chemical compounds can be differentiated based on their chemical shifts, spatial
variations are lost in an FID. To recover the spatial information one possible solution, used in
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surface coils, is to use the limited sensitivity of the coil to provide the spatial localization (68).
This method has fallen out of favor, however, due to the poor homogeneity of the B1 field
obtained with those coils (69). Instead, magnetic field gradients add a linearly varying
component to the static field creating a resonance frequency variation within the sample that is
location dependent. Assuming the gradient is a function of the position r then the Larmor
frequency at position r is given by

 (r )   ( B0  G r )

[7]

If the gradient is turned on while an RF pulse containing a bandwidth of frequencies is played
then only spins whose Larmor frequency falls within that bandwidth will be excited. Due to the
spatial variation imposed by the gradient, this condition will hold true for a slice of the sample
and is called slice-selection. The width of the slice and its orientation thus depend on the RF
pulse bandwidth as well as the gradient strength and orientation. In magnetic resonance
spectroscopy (MRS), two localization methods have gained widespread use: point-resolvedspectroscopy (PRESS) and stimulated echo acquisition mode (STEAM) (68,70). Both localize a
volume by the intersection of 3, mutually orthogonal slices. Gradients are used to dephase spins
outside the volume of interest (VOI) restricting the echo to the intersection region effectively
localizing the signal to that region. Shortcomings are incurred in both methods. Short echoes can
be obtained with the STEAM although at the cost of an intrinsic 50% loss of signal. On the other
hand, long minimal echo times are required in PRESS, resulting in signal decay that offsets the
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full signal acquired.

Figure 4: Slice selection is shown in (a). The spectral content of the pulse Δf along with the
gradient G define the slice thickness Δx. Changing the center frequency of the pulse, f0,
moves the excited slice away from the magnet isocenter. By changing the gradients’
orientation slices in different spatial directions can be excited. The intersection of slices
in 3 orthogonal directions permits volume localization as shown in (b).
Multivoxel Techniques
In their basic form the resolution of both PRESS and STEAM is limited to a single voxel.
Phase encoding must be employed in conjunction with volume localization to obtain multivoxel
signals. Two phase encoding methods include: chemical shift imaging (CSI) (71,72) and
Hadamard spectroscopic imaging (HSI) (57,73).
CSI
Chemical shift imaging uses gradients to encode the phase of the magnetization in harmonic
intervals. This allows the spatial distribution of the magnetization to be recovered with a simple
Fourier transform. The encoding in CSI can be derived in the following way. Since the signal
detected in the coil is due to the precessing transverse magnetization it can be expressed as (59)

s (t )    (r )ei (0t  ( r ,t )) dr

[8]
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Where ρ(r) is the spin density at position r, ω0 is the reference frequency and φ is the
accumulated phase given by
t

 (r , t )     (r ,  )d

[9]

0

In the presence of a gradient the frequency ω becomes  (r , t )  0   G (r , t ) r which yields a
signal
t

 i G ( r , )  rd

s (t )    (r )e


0

dr

[10]

 t
Defining k (t ) 
G (r , )rd and substituting in equation [10] yields
2 0
s (t )    (r )e i 2 k ( t )  r dr

[11]

Equation [11] is simply the Fourier transform of the spin density. The spin density can
therefore be recovered by inverse Fourier transforming the measured signal, as long as a
sufficiently large set of k values are acquired. The ensemble of all possible k values
(corresponding to different gradients) is called k-space.
In one dimension, to obtain N voxels at a given FOV of length L, N scans are carried out to
sample k-space at N equidistant points: kn = -kmax/2 + nk (n=0,1,...,N-1), with k=L-1 and
kmax=Nk. Discretizing [11] the signal acquired during the nth scan is:


s n  t      x  e 2 ik n x dx ,


[12]

The signal from the mth voxel is obtained with an inverse discrete Fourier transform taken over
equation[12]:
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N 1

sˆm   sn e



2 imn
N

n 0

 N 1 2 ikn x  2Nimn 
    x   e
e
 dx .

 n 0



[13]

Carrying out the summation within the curly brackets, we obtain:


sˆm  t      x  PSF  x  mx  dx ,


[14]

where x=L/N is the voxel size, and PSF(x) is the point spread function associated with the
phase encoding process (41):

PSF ( x)  e i ( x / L )

sin( N x / L)
sin( x / L)

[15]

This sinc-shaped function modulates the spin density and its width is determined by the ratio
N/L. Depending on the width of the PSF some of the signal from a given voxel will ‘bleed’ over
to its neighbors. Since the sinc function extends indefinitely, this bleed will in principle extend
across the FOV.
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Figure 5: Point spread function of CSI as a function of position for a field of view of 8 cm with
×4 (blue), ×8 (red) and ×64 (black) phase encoding steps. The amount of signal outside
the desired voxel size, i.e. the bleed, is reduced as the number of phase encoding steps is
increased.
HSI
Hadamard matrices are square unitary matrices consisting of +1 & -1 whose rows (and
columns) form a basis. Matrices of order 2k can be generated recursively from order k Hadamard
matrices using the Kroenecker product (74)
H
H 2k   k
Hk

Hk 
H k 

1
1
1 1 

H2  
 , H 4  1
1

1



1
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Figure 6: Second-, fourth- and eighth- order Hadamard matrices.
Spatial localization in Hadamard spectroscopic imaging is achieved by encoding the phase of
the magnetization (either transverse (57,58,73,75) or longitudinal (73,76)). Specifically,
transverse HSI (T-HSI) spatially encodes, via selective pulses, the relative transverse phase, nk,
of the spins in the n-th slice at either 0° or 180° according to the +1 or -1s of the k-th row of an
N-th order Hadamard matrix, HN, (N=2n with n=1, 2… integer). This is repeated for each row of
HN. In matrix notation, HSI encoding along a direction, p (=X, Y, Z) is described as:
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H N  L p (t ) = SN (t ) or after inverse Fourier transform: H N  L p ( ) = SN ( )

[17]

The localized signals from the N slices, Lp(t), are obtained from the N observed signals, SN(t),
by inverse Hadamard transform, i.e., multiplication by H N1 

1
N

H N (77). The N slices may be

excited individually or collectively by superposing individual pulses, each shifted in frequency to
excite the correct spatial location. Unlike CSI, the theoretical PSF of HSI is given by the
localized box-shaped function (78) and is therefore ideal “1” inside the voxel and “0” outside it.
As will be shown in the ensuing chapters, the superior PSF of HSI provides a number of
advantages not available in CSI.

Chapter 3- Transverse HSI
Introduction
In the previous chapter differences between the PSF of CSI and HSI were introduced. In light
of those differences, in this chapter we describe a HSI sequence that offers: (i) better
localization, reflected by less signal “bleed” and consequently, (ii) yields better voxel SNR than
CSI. To substantiate these claims we compare the performance of a 3-dimensional (3D)
Transverse HSI (T-HSI) against 3D CSI in a phantom and in the brain of a healthy volunteer.

Theory
The proposed sequence is shown in Figure 7. Spatial encoding begins with a selective 90°x
(lower-case subscripts indicate RF phases) T-HSI pulse, consisting of a superposition of
individual pulses each of which excites a slice with the appropriate phase. The construction of
these pulses is described in details in the Methods section below. The pulse converts
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I Z   IY where the +/- reflect the transverse phase of the individual slices as described in the
previous chapter. The  IY s evolve under the chemical-shift and resonance-offset Hamiltonian
 I Z and at time /2 later become,

 IY


  1 I Z
2

 1
1
  [ IY cos( 
2 )  I X sin( 2 ) ] .

[18]

If this evolution in the transverse plane proceeds to the second selective 90°x, 50% of the signal
will be unaffected by the second pulse, remaining transverse and consequently crushed, similar
to STEAM. This loss is prevented by applying a “hard” 180°x pulse at time 1/2:
180

x

  [ IY cos(

1
2

)  I X sin(

1
2

)].

[19]

Allowing this magnetization to evolve for  1 / 2 past the 180x , refocuses it to yield,


1

I

1
1
2 Z
 [ IY cos( 
  IY .
2 )  I X sin( 2 )] 

[20]

This avoids both the formation of a stimulated echo and its 50% signal loss.
In the volume where the second T-HSI 90°x intersects the first, the  IY s of Eq. [20] are
converted to ±IZ creating a 2D longitudinal, ±MZ, Hadamard order, immune to gradients during
2. This enables a very effective OVS during 2 as described in the following section. Although
the –MZs relax towards their equilibrium values, since 2«T1, only minimal SNR loss is incurred
but no localization errors are incurred (79). The third T-HSI 90°x then encodes the VOI along a
third direction nutating the ±IZs to the transverse plane to be detected as a FID.
If, in addition to the  I Z term of equation [18], a homonuclear J interaction,  J 12 I1Z I 2 Z ,
exists between neighboring spins 1 and 2, the evolution due to it in the 1 interval will be,
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J I

I

12 1Z 2 Z
 IY 
  [ I1Y cos 2  2 I1 X I 2 Z sin 2 ]

[21]

where    J 12 1 and the effect of the 180x pulse has been neglected since it has no impact on
evolution under coupling. The second 90°x will convert the magnetization in Eq. [21] to,
90

x


 I1Z cos 2



Longitudinal

I1 X I 2Y sin 2 .

Transverse

[22]
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Figure 7: The T-HSI sequence. Selective 8.192 ms 8th order T-HSI pulse in the LR(X) and AP
(Y) directions both under 2.25 mT/m were refocused by 1 ms gradient pulses, to
minimize . A 0.5 ms “hard” 180° at 1/2 (=5.9 ms), refocuses all transverse
magnetization as shown by Eq. [19]. A 5.12 ms dual-band selective OVS RF pulse then
excites and crushes any magnetization outside the VOI during 2=16.2 ms. Finally, a third
8.192 ms 4th order T-HSI 90° pulse under a 4.5 mT/m gradient along the IS (Z) completes
the VOI definition and brings its magnetization to the transverse plane to be sampled
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immediately. The magnetization at points (a), (b), (c) & (d), is shown schematically in
Figure 8.

Gradient pulses during 2 will crush “leftover” transverse components which could otherwise
yield the up to five spin echoes (65). Only the longitudinal component,  I1Z cos 2 in Eq.[22],
remaining after 2, will be converted by the last T-HSI 90°x to,
90

x

 I1Y cos 2

[23]

that is the detected FID. Since J-coupled signals are weighted by both the  I Z term of
Eq. [18] and a cos/2 factor,  should be minimized by reducing 1 to as short as the hardware
allows.
Outer volume suppression
Following the first two T-HSI pulses, any leftover transverse magnetization outside the VOI is
crushed. Longitudinal magnetization at the VOI corners, however, is unaffected by these pulses
and will be Hadamard-encoded by the third to contaminate the VOI. Two methods are combined
to suppress this. First, a phase cycling scheme reverses the phase of the last two T-HSI pulses at
odd averages. This does not affect the magnetization in the VOI that experiences all 3 T-HSI
pulses. Summing odd and even acquisitions destructively interferes these unwanted signals.
Additional OVS is achieved with a 5.12 ms dual-band Shinnar-Le-Roux (SLR) 90° pulse (80),
before the last T-HSI 90°s, when the VOI magnetization is longitudinal and immune to
gradients. It excites two 8 cm wide bands on both sides of the VOI, during leaving the lipids’
only ~10 ms to recover compared with 30 – 40 ms when OVS is applied before VOI definition.
This difference is significant given the lipids’ short, ~200 ms T1s. The longitudinal VOI
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magnetization, affected only by T1 during 2, will suffer ‹1%, loss in sensitivity and none in
localization, given metabolites’ long, ›1 s, T1s (81,82). The OVS scheme is illustrated graphically
in Figure 8.

Figure 8: The OVS scheme: the dashed rectangle in the center indicates the VOI and all others
represent the sample’s outside. Shading indicates regions excited by the preceding RF
pulses. The (a), (b), (c), (d) indices correspond to the time points indicated in Figure 7.
The braces indicate regions excited by the OVS pulse. A phase cycling scheme that
consists of inverting the phase of the last 2 HSI pulses (a, c) at odd acquisitions ensures
that spins inside the VOI are unaffected. Spins outside the VOI are inverted at odd
iterations (d). Summation of the two measurements eliminates the extraneous signals (e).

Methods
Slice profile simulation
Slice profiles for HSI pulses are dependent on pulse characteristics: length, selective gradient
strength and generating function (sinc, SLR). Simulations were hence used to obtain realistic
profiles for the pulses used in this sequence. Every Nth order T-HSI pulse was synthesized by a
superposition of N sincs, each apodized with a Hann filter and frequency shifted to excite the
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correct spatial location with a 0°, or 180° phase according to the +1 or -1 entry in that position in
the corresponding row of HN. This process was repeated for each of the N rows of HN. The
resulting slice profiles for these pulses under a constant 2.25 mT/m gradient were simulated by
numerically solving the Bloch equations in the presence of relaxation (T1/T2 = 1 s / 250 ms),
using in-house software (MATLAB, The Mathworks Inc., Natick, MA).
Phantom studies
SNR and localization performance comparison of T-HSI versus CSI was done in a cylindrical
phantom comprising 4 circular 152 × 17 mm diameter × thickness (including a 3.0 mm wall)
partitions, submerged in water to reduce the air-water susceptibility, shown in Figure 11. Each
compartment was spatially “labeled” with 100 mM (in protons) solution of a different metabolite
yielding a singlet at a distinct chemical shift: Methanol (Meth), Na-acetate (NaAc), tert-butanol
(t-But) and Tri-methyl-silyl propanoic acid (TMSP) at 3.4, 1.9, 1.2 and 0.0 ppm.
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Figure 9: The phantom used for quantifying voxel bleed and SNR for both HSI and CSI.
Compartments included a 3 mm wall between partitions. Using metabolites with different
chemical shifts permitted accounting for the chemical shift displacement’s contribution to
the bleed.
Human subjects
A healthy 28-year-old male volunteer and a healthy 34-year-old female were recruited for this
study. Their “healthy” status was determined based on self-reporting negative answers to a
questionnaire enumerating excluding neurological disorders before the scan and MRI deemed
“unremarkable” by a neuroradiologist afterwards. The subjects gave Institutional Review Board
approved written informed consent.
MRI
All experiments were done in a 1.5 T whole-body imager using its transmit-receive head-coil
(Magnetom Avanto, Siemens AG, Erlangen Germany). Axial T1-weighted Magnetization
Prepared RApid Gradient Echo (MP-RAGE): TE/TI/TR= 3.79/1100/2100 ms, 256×256 matrix,
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220×220 mm2 FOV, 208 1 mm thick slices, MRI were obtained and reformatted into axial,
sagittal and coronal projections at 1 mm3 isotropic resolution for VOI image-guidance.
3D T-HSI
At TR=1.2 s, optimal for ~1 s T1s of brain metabolites (83), the 8×8×4=256 encoding steps ×2
phase cycles ×2 averages=1024 acquisitions took 21 minutes. A 1.9 kHz peak B1 satisfied both
the voltage and 3.2 W.kg-1 SAR limits in the head (56). This B1 and VOI size dictated 2.25 and
4.5 mT/m selective gradients along the ×8 and ×4 directions, (Figure 7) leading to 0.08 and
0.04 cm (8 and 4%) of the slice thickness maximum chemical shift displacement between NAA
and choline (Cho) . The FIDs were sampled for 512 ms at ±500 Hz bandwidth starting 5.7 ms
from the center of the last pulse, as shown in Figure 7.
The MRSI data were processed off-line with our custom software. Residual water signals were
removed from each FID (84). The data was then Fourier transformed in the time domain and 3D
inverse Hadamard transformed along all three spatial directions (85). Each spectrum was
automatically corrected for frequency, zeroth and first order phase shift (arising from the delay in
the FID acquisition due to the refocusing gradient) using the NAA and Cho peaks as references.
In vivo reproducibility
In order to assess the reproducibility of the 3D T-HSI sequence in vivo, we repeated the
acquisition back-to-back four times on the same volunteer without moving or changing any of
the acquisition parameters to avoid possible VOI misregistration and biological noise. A 3D
localizer was performed between the sets to allow estimation of subject motion between scans.
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Results
Simulation
The simulated transverse magnetizations that are the results of the application of each
Hadamard pulse on a homogeneous sample, are shown in Figure 10a. Applying an inverse
Hadamard transform to them, yields the individual slice profiles, shown in Figure 10b. Note
that: (i) finite pulse length and gradient strength; (ii) imperfect individual pulses that excite
regions outside of the voxel (marked with arrows in Figure 10b) and which, therefore, do not
cancel in the add-subtract inverse transform; and (iii) interaction between the superimposed
individual SINCs used to synthesize the overall pulse, e.g., Bloch-Siegert shifts (86), all
combine to caused a 6% slice profile deviation from ideal, calculated by taking their areas ratio.
Phantom
Automatic shimming yielded a 7 Hz VOI water linewidth. The VOI position was chosen so
that each compartment contained one voxel, i.e., should yield a single spectral line at a unique
chemical shift, as shown in Figure 11a. Additional lines would, therefore, indicate bleed, their
chemical shift disclosing their partition of origin and their intensity indicating the bleed’s
amount. Given the VOI, resolution and 1 mm wall thickness of the compartments, they did not
fully fill the 1.38 cm voxels used thus limiting the experimental bleed equally for both
sequences.
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Figure 10: Mx (red) and My (blue) transverse magnetization profiles for 8th-order T-HSI pulses
obtained via simulation all on the same indicated -1…1 intensity and -10 – 10 cm scales
(a) and voxel profiles resulting from Hadamard reconstruction of the 8 signals (b). Pulse
profile amplitudes vary according to the entries of the rows of the Hadamard matrix HN.
Arrows indicate locations outside the VOI that are excited due to pulse imperfections.
Imperfections inside the VOI have a minimal impact on the localization because of the
small volume (under 1 cm3) excited whereas those outside the VOI are handled using the
OVS scheme and the Hadamard reconstruction as described in the text.
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Figure 11: The spectra from the 4×1×1 CSI-STEAM (a) and HSI (b) sequences. The CSISTEAM spectra have been scaled ×2-fold for visual comparison with the HSI. Arrows
indicate interslice bleed. Note the bleed in CSI metabolites extends across the entire VOI
whereas HSI’s is significantly smaller and limited in extent (better localization) and the
consequent higher SNR of the latter reflecting the smaller bleed (see Table 1).

Performance comparison of the T-HSI and CSI-STEAM sequences reveals less bleed for the
former that is mostly confined to nearest neighbors, as shown in Figure 11b, reflecting its origin
in the slice profile imperfections (Figure 10b). The bleed for a given metabolite k, Bk, is
estimated from its total peaks’ areas in all compartments, Tk, and in its own compartment, Sk, as:
Bk   Tk  S k  Tk 100%

[24]
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The SNRs, defined as peak-height divided by the RMS of the noise (87), along with its ratio
for the two methods and their respective bleeds, are compiled in Table 1. The CSI results include
loss due to voxel bleed and STEAM’s inherent 50% loss (46,70).

Meth

NaAc

t-But

TMSP

HSI

4451±123

4035±60

5947±96

4885±127

CSI

2023±42

1946±33

2679±85

2117±19

HSI

14±2.4

19±1.0

12±0.7

10±0.6

CSI

20±2.7

26±2.3

23±2.2

25±2.3

SNRHSI/CSI

2.20±0.09

2.07±0.06

2.22±0.10

2.31±0.08

BleedHSI/CSI

0.74±0.13

0.75±0.04

0.52±0.03

0.40±0.02

SNR

Bleed (%)

Ratios

Table 1: SNR and voxel bleed (estimated according to Eq. [24]) comparison between ×4 CSISTEAM and T-HSI from the phantom in Figure 9. Note the correspondence between the
substantially lesser bleed of HSI and the consequent better SNR, reflected by an
SNRHSI/CSI › 2.0.

In Vivo Human Brain.
Automatic shimming adjusted the first and second order currents to 17 Hz water linewidth in
the VOI. The position of the VOI along with the resultant 3D T-HSI spectra, shown in Figure 12,
reflect the underlying anatomy, e.g., reduced (no) signals in voxels which partially (entirely)
involve ventricles (44). Note that extraneous contamination that may arise from RF pulses
imperfections (Figure 10b), may excite spins outside the VOI. Although the imperfections are
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small (~2%), the much larger extraneous volume they affect and high lipids’ signals there can
yield contamination much larger than the 1 cm3 voxels metabolites’ signals. These extraneous
signals destructively interfere in reconstruction by the properties of the Hadamard matrix in all
but its first, all +1s, first row (58). Depending on the intensity of these signals, in a 3D T-HSI
experiment, the first row, column and slice may need to be discarded, as shown in Figure 10 and
Figure 12, leaving 7×7×3=147 usable spectra. The remaining voxels' average NAA, Cho and
Creatine (Cr) SNRs were: 31±10, 23±9 and 20±8.
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Figure 12: Left: Axial (a), coronal (b) and sagittal (c) MRI of the volunteer superimposed with
the 1H-MRSI VOI (solid white frame). Bottom, d: The real part of the 8×8 (LR×AP) 1H
spectra matrix from the VOI in a, on a common frequency (1.4 to 3.8 ppm) and intensity
scales, along with the line and column discarded due to outside contamination as
explained in the Results section. Voxels involving mostly ventricles are marked by
dashed outline. The two rectangle-enclosed spectra in (d), corresponding to the regions in
a, are magnified for better visualization of the smaller amplitude metabolites. Note the
spectral resolution and SNR in these 1.0 cm3 voxels obtained in ~20 minutes at 1.5 T and
the lack of lipids signals in the 1.0 to 1.3 ppm range, as well as presence of short T2
metabolites, e.g., myo-Inositol (mI) reflecting the non-spin-echo nature of the sequence.
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In vivo Reproducibility
The area of the NAA, Cho and Cr lines was integrated for every voxel in each of the four
back-to-back experiments. Their mean and standard deviation were then used to estimate their
coefficient of variation (CV= standard deviation / mean) in each of the 147 voxels. The CVs’
distributions are shown in Figure 13. The 20, 21 and 34% average CVs for NAA, Cr and Cho are
in line with those reported for MRSI in voxels of this size at 1.5 and 3 T (88-90). The localizer
scans performed between each of the back-to-back scans showed less than 3 mm subject motion.

Figure 13: Box plots showing the first, second (median) and third quartiles (box), ±95%
(whiskers) and outliers (+) of the coefficient of variation for the three major metabolites
in the VOI.

Discussion
The twin requirements from any MRSI methodology are for spatial localization and SNR,
given the dependence of the sensitivity and reproducibility on them (91-93). Implicit in the first
requirement is confidence that the signal in any given voxel (i) truly represents only the tissue in
that voxel; and (ii) does not contaminate its neighbors. These requirements motivated our two
testable hypotheses: (i) that T-HSI offers better localization, reflected by less signal “bleed”; and
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therefore, (ii) since the spins’ signal energy is fixed, that it yields better voxel SNR compared
with CSI using identical acquisition parameters: FOV, voxel size, acquisition time and spatial
resolution. Our findings, (see Table 1 and Figure 11), substantiate both, specifically:
Localization
The T-HSI sequence shows 3 to 15% better SNR than the CSI. The expression for the PSF of
CSI predicted the bleed to be ~26% for each metabolite (41), similar to the 19 – 25% observed.
The bleed in T-HSI was smaller than either the observed or theoretical bleed of CSI, reflecting
its better signal localization. While it is noteworthy that several methods have been proposed to
correct for the PSF of CSI either in post-processing (94) or during RF excitation (95); the former
unfortunately reduce the spatial resolution or prolong scan time, whereas the latter are yet to be
demonstrated in the brain.
A second facet of localization is relative immunity to contaminating signals from outside the
VOI. Due to the relative similarity of brain tissue signal, this is most apparent when skull lipids
appear in a VOI that should not contain any. Absence of lipid peaks in the 1.3 ppm region in the
spectra in Figure 12 demonstrates the effectiveness of the proposed sequence and obviates the
need for spin-echo definition of the VOI. The fact that the bleed of T-HSI inside the VOI is
largely limited to nearest neighbors and (contrary to CSI) does not extend across the FOV,
renders this sequence better suited to various clinical scenarios. For example, the presence of an
elevated Cho signal away from a tumor mass can be used to reliably determine the extent of its
infiltration rather than be an error representing bleed that results from the spatial encoding
method (96).
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SNR
The finite pulse lengths and the linear combinations of the magnetization due to the Hadamard
transform dictated slice profiles that deviate from an ideal rectangle. Indeed, our 8.192 ms RF
pulses are associated with a 122 Hz transition band. Together with the 1.91 KHz peak RF power
that restricted the selective gradients to 3.27 mT/m (1.39 kHz/cm) this led to a ~4% signal loss
compared with an ideal profile for our 1.38 cm wide voxels as obtained by simulation. The THSI bleed (Eq. [24]) was calculated based on the observed, 4% reduced signal. Taken together,
both sources of loss (slice profile and bleed) result in ~17% smaller signal compared with an
ideal PSF of “1” inside the voxel and “0” everywhere outside. Comparing the ratio between the
remaining signal in T-HSI (83% of ideal) and CSI (74%) yields the net 3-15% SNR gain for HSI
compared with CSI reported in Table 1, substantiating the relationship between the PSF and
SNR and excluding other loss mechanisms. Based on the one-dimensional experiment it is
expected that the SNR gain will be even larger, 9-61%, in the 3D T-HSI encoding case.
Comparison with short TE spectra
The presence of short T2 metabolites in Figure 12, e.g., glutamine, glutamate and myo-inositol,
is indicative of the non-spin-echo nature of the method and is in line with other ultra-short TE
acquisitions (97,98). Furthermore, the reproducibility of the proposed sequence is similar to that
obtained with CSI based methodology (88), demonstrating the equivalency of the T-HSI
approach with regard to that clinically important criterion.
Limitations
The T-HSI pulses in this sequence are superpositions of N single-slice components making its
peak amplitude ×N higher. Staying within the coil’s voltage breakdown limits restricts their
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selective gradients amplitude, thereby increasing the chemical shift displacement, as well as
impacting the slice profiles and voxel bleed. Since the available B1 per unit RF power decreases
with magnetic field strength and the chemical shift displacement increases linearly with field,
this method is more suitable to lower fields and smaller VOIs. Since these issues depend on the
RF pulse bandwidth that is in turn contingent on the hardware used, it can in principle be
improved with better equipment as opposed to the PSF of CSI which is intrinsic. Additionally,
the phase cycling scheme used for OVS doubles the minimum scan time. However, since
multiple averages are required due to SNR considerations, scan times are typically greater than
the minimum in any case. Further loss of signal occurs due to the delay caused by the 1 ms
refocusing gradient of the third selective pulse, although it may be eliminated with the use of a
self refocusing pulse. Finally, due to the properties of the Hadamard matrix, certain voxels may
not reject extraneous signal contamination and need to be discarded (leaving 7×7×3 from 8×8×4
in this experiment). The impact of this loss, however, can be mitigated by judicious VOI
placement.

Conclusion
We have introduced a new T-HSI sequence offering several benefits over CSI. The advantages
of T-HSI are that unlike gradient (Fourier) phase-encoding: (i) the VOI does not need to be
smaller than the field-of-view to prevent aliasing; (ii) the number of partitions in each direction
can be small, 8, 4 or even 2 at no cost in PSF; (iii) the VOI does not have to be contiguous; and
(iv) the voxel profile depends on hardware performance, and can therefore (at least theoretically)
approach “ideal” “1” inside and “0” elsewhere. Since the spins in the entire VOI are excited and
detected each acquisition, the method is theoretically optimal in SNR/unit-time (56,99). The
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extraneous signal rejection achieved by the selective pulses, destructive interference in the
inverse Hadamard transform, and the OVS scheme, are sufficient for non-spin-echo acquisition,
minimizing T2 losses and J-modulations. With the ~10 min. required for subject-loading,
shimming and MRI, the procedure requires approximately ½ an hour, which can be tolerated by
most. The RF waveforms used can be implemented on any modern imager and are on the safe
side with respect to their SAR. Finally, improved SNR and localization lend this method to
clinical use, especially when smaller regions are of interest.
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Chapter 4- Sensitivity and Localization of 3D Transverse
Hadamard Versus Chemical Shift MR Spectroscopic Imaging
Introduction
In the previous chapter a T-HSI sequence was described and its performance compared to CSI
in a one dimensional phantom containing several metabolites. The presence of different
metabolites, each of a different chemical shift, allowed measurement of the effect of the
chemical shift displacement on the bleed. However, since the phantom varied in only one
dimension, the computation of the SNR and bleed were similarly restricted to one dimension. In
order to assess the advantages offered in T-HSI in a more rigorous way, two methodologies are
used in this chapter. First, a novel matrix formalism is introduced which allows computing the
effect of imperfect flip angles on the SNR and the bleed. Second, a three dimensional
comparison between T-HSI and CSI at clinically relevant resolutions is undertaken and is
described below.

Theory
The one dimensional PSF associated with the phase encoding process of CSI was introduced
in chapter 2 and is given by:

PSF ( x)  e i ( x / L )

sin( N x / L)
sin( x / L)

[25]

Here N is the number of phase encoding steps, L is the FOV size and the ratio L/N, i.e. the
voxel size, determines the PSF width. The PSF causes some of the signal to "bleed" to all the
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voxels along L, as shown in Figure 14a and b.

Figure 14: Simulation of voxel profiles for T-HSI (black) and CSI (red) at ×8 (a) and ×4 (b)
resolutions using a T1/T2 of 3.22 s/832 ms, displayed on a common -1...1 intensity and 10 to 10 cm scales. Note the smaller fraction of the voxel excited in CSI and the greater
bleed (marked by arrows) extending across the FOV.
Defining the bleed as any signal appearing outside its source voxel we quantify it as:

B

ST  S I
100%
ST

[26]

where ST and SI are the sum of signal from each voxel in the VOI and the signal inside the source
voxel. Using the definition of Eq. [26] we simulate the bleed resulting from application of CSI at
several resolutions for a one dimensional, 8 cm phantom containing a single 2 cm voxel, shown
in Figure 15a. The resulting bleed at each resolution is plotted in Figure 15b, showing that at
imaging resolutions, N64 phase encoding steps and higher, the bleed due to the PSF is
insignificant whereas for the N×32 phase encoding steps characteristic of MRSI it becomes
substantial.
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Figure 15: Calculating the simulated bleed for CSI with increasing number of phase encoding
steps to the phantom in (a) yields the curve in (b). Note the rapid increase in bleed at the
low, N=×8 - ×32 number of phase encoding steps per fixed length FOV typical of MRSI
versus the N=×64 - ×512 characteristic of MRI.
B1 (Flip angle) dependence
As seen in Figure 14, although the theoretical PSF of T-HSI is an ideal “1” inside the voxel
and “0” outside, in practice the slice profile can deviate from the ideal because of hardware
limits on the peak radio-frequency (RF) field (B1), finite pulse length and gradient strength
limits. An additional constraint associated with the RF encoding of T-HSI is due to
inhomogeneous B1 fields. Inhomogeneities in the B1 field lead to inevitable excitation flip angle
variations that are exacerbated at high fields (100 homogeneity, and signal‐to‐noise comparison
in head images). These will affect 3D T-HSI worse than 3D CSI since the former entails three
RF pulses compared with only one for the latter. Flip angle variations in T-HSI can lead to
undesirable effects including SNR loss, and bleed. We derive their impact on 3D T-HSI using a

43

matrix formalism and give mathematical expressions for each in a simple 2×1×2 spatial encoding
case for illustration purposes. We further assume that at any given voxel pulse imperfections
affect all selective pulses equally.
Let mn be the vector whose first and second components are the transverse (initially equals 0
since the initial magnetization is longitudinal) and longitudinal magnetization in the n-th voxel,
mn=(MXY,MZ)T. An excitation RF pulse will rotate mn by an angle θ, expressed as a
multiplication of mn by a rotation matrix R(). Since each +1 or -1 entry in the Hadamard
encoding matrix corresponds to a pulse applied at a relative phase of either +180° or -180°, each
entry of the encoding matrix in the first dimension, E1, can be represented by R() or R(-):
R R 
 cos 
, where R( )  
E1  
1 
R R 
  sin 

sin  
cos 
, R( )  R 1 ( )  

cos  
 sin 

 sin  
cos  

[ 27]

Applying the Hadamard encoding in the second direction is equivalent to taking the direct
product of the two matrices:
 R2
E2  R  E1   2
R

R2 
1 0 
 , where I  

I 
0 1 

[ 28]

Crusher gradients between the second and third Hadamard encoding pulses dephase all
transverse magnetization and are modeled as a matrix that zeros out the transverse components
of mn hence follows each entry in the encoding matrix E2:
CR 2
E21   2
CR

CR 2 
0 0 
 where C  

CI 
0 1 

Finally, the ×2 Hadamard encoding in the third direction is applied:

[ 29]
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CR 2
E3   2
CR

CR 2   R

CI   R

 RCR 2

2
R 
 RCR

 RCR 2
R 1 

2
 RCR

RCR 2

RCR 2

RC

RCR 2

RCR 2

R 1CR 2

RC

R 1CR 2

RCR 2 

RC 
R 1CR 2 

R 1C 

[ 30]

The E3 matrix encodes the magnetization so multiplication by the 4×4 Hadamard matrix whose
elements are 2×2 identity matrices should provide the localized signals
I
I
D
I

I
 4 RCR 2

0

 0

 0

I

I

I

I

I

I

I

I

I   RCR 2

 I   RCR 2

 I   RCR 2

I   RCR 2

RCR 2

RCR 2

RC

RCR 2

RCR 2

R 1CR 2

RC

R 1CR 2

2 RC ( R 2  I ) 2( R  R 1 )CR 2
2 RC ( R 2  I )

0

0

2( R  R 1 )CR 2

0

0

RCR 2 

RC 
R 1CR 2 

R 1C 

( R  R 1 ) C ( R 2  I ) 

( R  R 1 )C ( R 2  I ) 
( R  R 1 )C ( R 2  I ) 

( R  R 1 ) C ( R 2  I ) 

[ 31]

[ 32]

Since each term in D is a product of rotation matrices that are functions of the flip angle θ,
they will each be affected by imperfect flip angles, i.e., θ90°. This in turn will be shown to
impact the i) bleed; ii) T1 modulation and iii) SNR.
Bleed
To obtain the bleed we first sum all off-diagonal terms and divide by the sum of all terms,
similar to Eq.[26]. By the rules of matrix multiplication, multiplication of the first row of each
2×2 sub-matrix by the magnetization vector mn yields the transverse component MXY of the
resulting vector while multiplication of mn by the second row yields the resulting longitudinal
component MZ. Since longitudinal magnetization resulting from the third pulse does not
contribute to the acquired signal it will not contribute to the bleed. Consequently, only the first
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row of each off-diagonal 2×2 sub-matrix in D needs to be considered when computing the bleed.
Carrying out this calculation using Eq.[26] results in a bleed given by

B

8 | cos 2  sin  |
100%
8(| sin  |3  | cos 2  sin  |  | cos 2 sin  |)

[33]

Figure 16: Magnitude of the bleed at three different resolutions: 2×1×2 (blue), 4×4×4 (red) and
8×8×4 (black) as a function of the flip angle. The dotted line indicates the bleed
corresponding to a ±5% flip angle deviation from the ideal 90º. The bleed for 4×4×4 and
8×8×4 resolutions was computed numerically for simplicity. Note the minimal bleed
incurred at small flip angle deviations.

SNR
The signal in each localized voxel is given by the transverse magnetization there, i.e. the first
row of the diagonal entries of D, which results in:
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 4 cos 2 sin  
 4(sin  )3 


 4 cos 2 sin  

3 
 4(sin  ) 

[34]

Figure 17: Magnitude of the deviation of the SNR from the maximum (obtained at 90°) for each
voxel. Note that the losses due to a ±5% imperfect flip angle are negligible, under 2%.

Methods
Simulation
Slice profiles were simulated for both CSI and T-HSI at two grids: 4×1×1 at FOV=8 cm and
8×1×1 at FOV=16 cm using the same pulse and selective 2.25 mT/m (FOV=8 cm) and
1.13 mT/m (FOV=16 cm) gradients as those described for the Phantom in the section below.
Specifically, the magnetization in a homogeneous one dimensional phantom was excited then
Fourier or Hadamard encoded. An inverse Fourier or Hadamard transform of the transverse
magnetization then yielded the slice profiles for each method, as shown in Figure 14a,b.
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Simulations were obtained by numerically solving the Bloch equations in the presence of
relaxation, using in-house software (MATLAB 2009b, The Mathworks Inc., Natick, MA). The
relaxation times used in the simulation were obtained from experimental measurement on the
phantom: T1=3.22 s, T2= 832 ms and the resulting profiles were used to compute the discrepancy
between the areas of the actual voxels and the ideal ones.
MRI
All experiments were done in a 1.5 T whole-body imager using its manufacturer provided
transmit-receive head-coil capable of delivering a peak radio-frequency B1 of 1.91 kHz, 45 T
(Magnetom Avanto, Siemens AG, Erlangen Germany). Axial T1-weighted Magnetization
Prepared RApid Gradient Echo (MP-RAGE): TE/TI/TR= 3.79/1100/2100 ms, 256×256 matrix,
220×220 mm2 FOV, 208 slices 1 mm thick each were obtained and reformatted into coronal,
sagittal and axial projections at 1 mm3 isotropic resolution for VOI image-guidance.
Phantom
To measure the differences in SNR and bleed of each method, a 1.6 cm diameter (2.1 cm3)
water filled glass sphere was used, as shown in Figure 18. Its T1 and T2 relaxation times were
measured using inversion recovery and spin echo experiments and the data was then fit with the
appropriate relaxation model (60). Since no other signal source was present, any water signal
outside the 2×2×2 cm3 voxel enclosing the sphere was bleed out. Note that the 2 mm space
between the voxel edges and phantom on each side, prescribed to ensure extraneous signal is
bleed and not misregistration, will reduce the measured bleed similarly for both methods.
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Figure 18: The 1.6 cm diameter spherical water phantom used to quantify bleed and SNR for the
3D CSI and T-HSI sequences. At the 4×4×4 resolution (a) bleed from the phantom to
further than 2 voxels could not be quantified motivating the 8×8×4 experiment (b). Note
the lack of any other signal source ensuring accurate bleed computation.

MRSI
The available peak B1 and 8×8×8 cm3 VOI size dictated selective gradients of 2.25 mT/m
along all three directions at 4×4×4 resolution (Figure 19). In a second experiment the VOI and
FOV sizes were increased to 16×16×8 cm3 allowing half the gradient strength,1.13 mT/m, along
the first two directions while the resolution was increased to 8×8×4, maintaining the same voxel
size to ensure identical shim in the voxels between the two experiments and guaranteeing that
differences in signal are due to the PSF and not the superior shim of the smaller voxels (101). To
minimize the differences between the two sequences we used the same 90° excitation pulse for
both CSI and the first T-HSI acquisition (corresponding to the first, all +1s, line in the Hadamard
matrix), as shown in Figure 19. Similarly, the delay between the last pulse and signal acquisition
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was set to 5.6 ms for both methods. The repetition time (TR) was 1 s for all experiments and the
FIDs were sampled for 512 ms at ±1 kHz bandwidth.

Figure 19: Sequence diagrams of the 3D T-HSI and CSI sequences. The dashed line represents
the start of the CSI sequence. Note that although T-HSI uses three pulses compared to
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one for CSI, the identical pulse was used to tip the magnetization to the transverse plane
for an equal delay before acquisition for both sequences

Quantification of SNR and bleed
Two experiments were conducted for each encoding method at two different grids: 4×4×4 and
8×8×4 both with a voxel size of 2×2×2 cm3. With a TR of 1 s the 4×4×4=64 encoding steps × 2
averages=128 acquisitions were repeated 6 times to compile SNR and bleed statistics. The total
measurement time for each encoding method was 7.4 minutes (included 10 preparation scans to
establish dynamic equilibrium). The measurement time for the 8×8×4 = 256 × 2 averages = 512
encoding steps ×6 repetitions= 1536 acquisitions at a 1 s TR was 26.6 minutes.
The MRSI data were processed off-line with our custom software. The FIDs were Fourier
transformed in the time domain followed by either 3D inverse Fourier transform or 3D inverse
Hadamard transform in the spatial directions for the 3D CSI and 3D T-HSI data.

Results
Simulation
The 1D slice profiles for both sequences at ×8 and ×4 resolutions using the parameters
described in the Methods, are shown in Figure 14a,b. Integrating the area under the profile of the
voxel for each method and calculating the ratio to the volume of an “ideal” (rectangular) voxel
shows that the PSF of CSI causes a loss of 13% in each dimension when using 8 phase encoding
steps or 34% in 3D and a loss of 12/32% in 1D/3D when using 4 steps, compared to losses of 7%
in each dimension or 20% in 3D for the ×8 T-HSI and 4/12% in 1D/3D for ×4 T-HSI.
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Phantom
The VOI was positioned so that the phantom was fully contained in a single 2×2×2 cm3 voxel,
as shown in Figure 18 and automatic shimming yielded a 6 Hz VOI water linewidth. Fitting of
the inversion recovery and spin echo experiments yielded water T1 and T2 of 3.22 s and 832 ms.
SNR and bleed
The bleed ratio B, for both methods was estimated from the water signal inside the voxel
containing the phantom, SI, and the water signal in the entire VOI, ST using equation [26]. The
mean water signal in each voxel as a fraction of the phantom signal for both CSI and T-HSI is
shown for both resolutions in Figure 20. Total bleed values and SNR ratios are shown in Table 2.
4×4×4

8×8×4

HSI

580 ± 19

560 ± 18

CSI

540 ± 25

493 ± 29

HSI

9.8 ± 0.8

11.8 ± 0.5

CSI

25.2 ± 0.7

28.2 ± 0.6

SNRHSI/CSI

1.08 ± 0.02

1.14 ± 0.10

BleedHSI/CSI

0.39 ± 0.04

0.42 ± 0.01

SNR

Total Bleed (%)

Ratios

Table 2: SNR and voxel bleed comparison between CSI and T-HSI for the two grids examined.
Note the substantially lesser bleed of 3D T-HSI and the increased SNR.
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Figure 20: Intensity map of the water signal in each voxel expressed as a percentage of the signal
in the voxel containing the phantom at the 4×4×4 resolution for 3D CSI (a) and 3D THSI (b) as well as the 8×8×4 resolution for both CSI (c) and T-HSI (d). Note the
substantially reduced bleed in 3D T-HSI at both resolutions examined (quantified in
Table 1).

Ignoring the contribution of neighboring voxels and given that the signal is a function of a
fixed number of spins in the VOI, signal leaking to neighboring voxels comes at the expense of
SNR in the source voxel. More than simply improving localization, a decrease in voxel bleed
also improves the SNR. At the resolutions common in MRSI, however, and especially for
smaller structures, the bleed in 3D CSI, while dependent on the experimental parameters and the
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sample, can reach 34% with a concomitant loss in SNR which, given the homogeneity of the
brain and since signal bleeds both into and out of each voxel, may not be seen in-vivo. The 1516% smaller bleed of T-HSI obtained in this experiment implies an increased SNR over CSI of
the remaining signal of (0.90)/(0.75)=1.21. The actual SNR increase shown in Table 2 is more
modest. However, given the 12% loss of signal in ×4 T-HSI, the actual expected SNR gain is
(0.9)(0.88)/ (0.75)=1.06, in line with the results of Table 2, demonstrating that other signal loss
sources (discussed below) are negligible.

Discussion
Unlike in the spectral domain, where it is used to accelerate acquisition (102), T-HSI employs
RF pulses to tailor the voxels' spatial profiles (75). Given that the signal is a function of a fixed
number of spins in the voxel, its leakage to neighboring voxels must, therefore, come at the
expense of the source voxel’s SNR. Consequently, decreasing the voxel bleed simultaneously
improves both the localization and the SNR. At MRSI spatial resolutions (voxel size), the bleed
incurred in 3D CSI, while dependent on experimental parameters and sample, can reach 34%
with a commensurate SNR loss (46). Given the relative metabolic homogeneity of the brain and
that signal bleeds both into and out of each voxel, this effect may go undetected in-vivo. The
~15% lower bleed of T-HSI here implies an anticipate SNR increase of 0.90/0.75=1.21 over CSI.
The actual increase, in Table 2, is more modest. However, given 12% signal loss from slice
profile imperfections in ×4 T-HSI, the actual expected SNR gain is (0.9)(0.88)/ (0.75)=1.06, in
line with the observed results, demonstrating that other signal loss mechanisms are negligible.
Specifically, several loss mechanisms unique to 3D T-HSI apply in tandem to reduce the
obtained signals from their optimum, Rather than a function of the resolution, the bleed in T-HSI
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is a function of both the pulse profile and flip angle. Although the signal bleed rises rapidly for
substantial deviation from 90°, at the ±5% flip angle variations (over the entire head) commonly
encountered at 1.5 T with a volume coil (103), it remains an insignificant ‹1%. Similarly, the
SNR of the voxel also varies and declines for flip angle deviation from 90°, as shown in Figure
17. However, for typical small ±5% deviations, the SNR loss is less than 2%. In addition, since
the TR is shorter than 5T1 of the metabolites, the magnetization does not reach thermal (or even
driven) equilibrium, resulting in localization errors analogous to ”T1 smearing“ in ISIS (104,105)
Despite the additional source of localization errors, however, the total bleed in T-HSI is
substantially smaller than of CSI as shown by Table 2. Finally, T2 decay between the first and
second T-HSI pulses and T1 relaxation that attenuates the longitudinally encoded magnetization
between the second and third pulses also lead to SNR losses. However, for the 8.2 ms RF pulses
and 16 ms between the second and third pulses, the water’s 832 ms T2, and 3.2 s, T1 leads to a
~1% sensitivity loss from each of these mechanisms.

Conclusion
We have experimentally demonstrated and quantified differences in voxel bleed and SNR
between 3D T-HSI and CSI. The signal loss mechanisms of T-HSI were accounted for by a
formalism that allows to analytically account for their individual effect. Simulations and
experiments demonstrate advantages in both bleed and consequently SNR for 3D T-HSI over 3D
CSI, making the method well suited for small structure and low resolution studies.
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Chapter 5- Transverse Hadamard Spectroscopic Imaging of Multiple
Sclerosis Lesions in Proximity to the Skull

Introduction
Previous chapters have demonstrated that the superior PSF of T-HSI leads to higher SNR and
reduced bleed, i.e. better localization, in comparison with CSI. In this chapter we discuss a
clinical application which relies on this advantage and is therefore not feasible in CSI.
Multiple sclerosis (MS) is a disorder characterized by cerebral lesions (106). The lesions are
often faint and difficult to detect and monitor on a structural MRI (107). To aid in the diagnosis
of the disease magnetic resonance spectroscopy (MRS) can be used to obtain information on the
metabolic processes associated with the disease (107,108). Since the lesions are diffuse and
occur over relatively large areas, single-voxel methods are inadequate for the task. Multi-voxel
techniques such as chemical shift imaging (CSI) (71) used in conjunction with outer-volume
suppression (OVS) methods (43,44,68,70) are thus typically used.
An additional challenge is encountered when the lesions occur near the skull. Because of the
point-spread-function (PSF) of CSI (41), a fraction of each voxel’s signal bleeds to neighboring
voxels, contaminating the volume of interest (VOI). If the VOI is placed on, or near, the skull,
the strong subcutaneous lipid signal, especially at short echo times, overwhelms the metabolites
of interest across the VOI and hinders quantification. In order to avoid this problem, the VOI in
CSI cannot include the skull. Given the natural curvature of the brain, this restriction forces the
parallelepiped-shaped VOI to be placed far from the skull rendering any lesions occurring near
the skull inaccessible.
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In contrast, the extent of the bleed from lipid-contaminated voxels to their nearest neighbors is
limited in T-HSI due to its approaching-ideal PSF, even at low resolutions. Additionally, despite
a short or no echo time, T-HSI does not suffer from STEAM’s 50% signal loss and also permits
the FOV to equal the VOI. The combination of these properties allows the acquisition of short T2
and J-coupled metabolites at full sensitivity and reasonable scan times even with a VOI placed
directly on the skull.
In this chapter we demonstrate: i) the acquisition of both T-HSI and CSI spectra from the edge
of the brain of a healthy volunteer, and ii) the acquisition of T-HSI spectra from a volunteer with
MS lesions near the skull. To ensure maximum coverage of the lesions part of the VOI is placed
directly on the skull. We show that despite the VOI placement, quantifiable spectra are obtained
with T-HSI in contrast to the CSI spectra which are heavily contaminated.

Methods
The sequence
T-HSI
The T-HSI sequence used was introduced in Chapter 3 and is used here with two
modifications. First, the OVS pulse originally applied between the second and third Hadamard
pulses is removed, allowing the 2 time to be shortened (Figure 21). Second, a 8.6 ms ShinnarLeroux (SLR) 180° selective refocusing pulse (80) is applied after a time TE=15 ms under a
1.73 mT/m gradient ffollowing the third selective T-HSI pulse. With a maximum B1 of 1.91 kHz,
the pulse excites a region of 8 cm, identical to the VOI. The addition of the refocusing pulse
provides several benefits: i) it improves the linewidth by refocusing T2* decay, ii) it provides
supplemental OVS by only refocusing magnetization in the desired slab (further OVS is

57

provided by the phase cycling scheme described in Chapter 3) and iii) it reduces the lipid
contamination by allowing the short T2 lipids to decay away during the TE time. The modified
sequence is shown in Figure 21.

Figure 21: The 30 ms echo 3D-HSI sequence. Selective 8.192 ms 8th order T-HSI pulse in the
first and second directions, both under 2.25 mT/m, encoded the transverse magnetization.
Refocusing gradient lobes of 1 ms, the shortest our hardware allowed, minimized the
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duration of . A 0.5 ms “hard” 180° was inserted at 1/2 (=5.9 ms) as discussed in the
text. A third 8.192 ms 4th order T-HSI 90° under a 4.5 mT/m along the third direction
completed the VOI definition and brought its longitudinally-encoded magnetization to the
transverse plane. Following an echo time TE=15 ms it was refocused by a 8.6 ms SLR
180° under a 1.73 mT/m gradient and the signal acquired a TE period later.
CSI-STEAM
Two different CSI-STEAM sequences were developed to test out the impact of the lipid
suppression on the acquired spectra. In the first, a stock CSI-STEAM sequence was modified to
include a 5.12 ms dual-band Shinnar-Le-Roux (SLR) 90° pulse, placed during the mixing time,
TM, when the VOI magnetization is longitudinal and immune to gradients. The pulse excited
two 8 cm wide bands on both sides of the VOI whose magnetization is immediately dephased by
crusher gradients. In the second sequence, additional suppression pulses were applied to regions
inside the VOI that overlapped the skull. As shown in Figure 22, the number of required pulses
can vary depending on the location of the VOI. The additional pulses consisted of 2.56 ms
single-band SLR 90° pulses, also placed during TM. Each of the pulses excited a single 8 cm
band of magnetization that was dephased by crusher gradients.

Figure 22: OVS pulses necessary to remove lipid signals inside the VOI in a CSI-STEAM
sequence. The white rectangles denote the VOI and the dotted yellow lines indicate the
spatial location of the OVS pulses. Note that depending on the location of the VOI, 1 (a),
4 (b) or 8 (c) suppression pulses are necessary for complete removal of the lipid signal.
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Human Subjects
A healthy 32-year-old female volunteer as well as a 26 year old female volunteer suffering
from MS were recruited for this study. Both were briefed on the procedure and gave Institutional
Review Board approved informed consent. The “healthy” status of the first was confirmed using
both self-reporting negative answers to a questionnaire describing 21 excluding neurological
disorders before the scan as well as a normal MRI, as deemed by a neuroradiologist, after the
scan. The MS status of the second was confirmed by the appearance of lesions on a fluid
attenuated inversion recovery (FLAIR) structural MRI.
MRI
The experiment was performed at 1.5 Tesla in a whole-body imager with its standard,
circularly-polarized, transmit-receive head-coil (Magnetom Avanto, Siemens AG, Erlangen
Germany). Axial T1-weighted Magnetization Prepared RApid Gradient Echo (MP-RAGE):
TE/TI/TR=3.7/1100/2100 ms, 256×256 matrix, 260×260 mm2 FOV, 208 slices, 1 mm thick each
MRI were obtained for image-guidance of the VOI. They were reformatted into axial, sagittal
and coronal projections at 1 mm3 isotropic resolution. This was followed by an axial FLAIR
sequence for the MS volunteer: TE/TI/TR = 319/1800/5000 ms, 192×174 matrix, 217×240 mm2
FOV, 60 slices, 3 mm thick each for lesion localization.
MRSI
The VOI size for both sequences was set to 8×8×4 cm3, same as the FOV, to satisfy the limits
imposed by scan duration and proton sensitivity at 1.5 T. Including four preparation scan to
obtain (driven) equilibrium magnetization in the sample, the 8×8×4=256 encoding steps ×4
averages= 1024 acquisitions took <21 min.
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T-HSI
Signals outside the VOI were suppressed by a combination of the phase cycling scheme
described in Chapter 3 as well as the selective 180° refocusing pulse. Given the ~1 s T1s of
cerebral metabolites, the TR used, 1.2 s, was optimal (83). To satisfy the voltage breakdown
limit of the coil and keep the Specific Absorption Rate (SAR) within the 3.2 W.kg-1 FDA limit in
the head (56) a 1.91 kHz peak RF field (B1) was used. Consequently, selective gradients of
2.25 mT/m along the ×8 directions and 4.5 mT/m along the ×4 direction were used, as shown in
Figure 21.
CSI-STEAM
A 0.85 kHz peak B1 was used for excitation with selective gradients of 1.0 mT/m along the ×8
directions and 2.0 mT/m along the ×4 direction. To minimize differences between the two
sequences, acquisition parameters TR/TM/TE = 1.2 s/16 ms/30 ms were used, similar to the THSI sequence. All other parameters were identical to the T-HSI sequence. In the first CSISTEAM sequence, the dual-band OVS pulse described above eliminated signal solely outside the
VOI. In the second CSI sequence, the additional OVS pulses eliminated signal both inside the
VOI as well as outside it.
The FIDs were sampled for 512 ms at a ±500 Hz bandwidth and the MRSI data were
processed off-line with our custom software. Residual water signals were removed from each
FID (84). The data was then Fourier transformed in the time domain and 3D inverse Hadamard
transformed along all three spatial directions (85) for the T-HSI data while the CSI data was
Fourier transformed . Each spectrum was automatically corrected for frequency and zeroth order
phase shift using the NAA peak as reference.
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Results
In Vivo Healthy Brain.
The position of the VOI is shown in Figure 24. Automatic shimming adjusted the first and
second order currents to 15 Hz water linewidth in the VOI. This was followed by the 3D T-HSI
sequence, shown in Figure 21, and the first modified product CSI-STEAM sequence. The
resulting spectra from each method are shown in Figure 24. Two columns of voxels (16 voxels)
that overlapped the skull (and hence contained no metabolites) were discarded in both data sets.
An in-vivo comparison between the 3D T-HSI sequence and the second CSI-STEAM sequence
was not carried out due to RF coil damage caused by Hurricane Sandy. However, assuming a
VOI position similar to that shown in Figure 24, a single additional SLR 90° suppression pulse
could eliminate the lipid signal from the VOI which, in contrast to Figure 24d, would render the
metabolites visible. Each additional suppression pulse caused a ~6% increase in SAR.
To ensure that lipid voxels from all slices are removed, the suppression pulses must be placed
where the lipid layer is furthest inside the VOI, as shown in Figure 23a. Failure to do so can
result in contamination of the entire VOI by lipids present in other slices, either above or below
the chosen slice, given the PSF of CSI. It should be noted that lipid-contaminated voxels
suppressed in one slice may be lipid-free in the other slices, as seen in Figure 23b,c. Since an
entire slab is excited then dephased, discarding the lipid-contaminated voxels requires discarding
the lipid-free voxels as well resulting in a loss of coverage.
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Figure 23: Slices taken from from the top (a), middle (b) and bottom (c) of a VOI abutting the
skull. The areas marked with red lines denote the spatial location of the lipid suppression
pulses. Note that while the majority of the voxels suppressed in (a) are lipidcontaminated, those in the neighboring slices (b) & (c) are not but are suppressed
nonetheless resulting in a reduction of coverage.
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Figure 24: Axial (a), coronal (b) and sagittal (c) MRI superimposed with the 3D 1H-MRS VOI
(solid white frame). The real part of the 6×8 (LR×AP) 1H spectra matrix from the VOI in
(a) for the CSI-STEAM (d) and T-HSI (e) are displayed on a common frequency (1.4 to
3.8 ppm) and intensity scales. The 2×8 spectra overlapping the skull which contained no
metabolites were discarded for both sequences. Note the extensive lipid contamination
even far from the skull for the CSI sequence and the resulting lack of quantifiable
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metabolites in contrast to those of the T-HSI sequence obtained in ~20 minutes from
1.0 cm3 voxels.

MS Brain
Two locations near the skull with visible MS lesions on the FLAIR MRI were scanned with
the T-HSI sequence. In both instances part of the VOI was placed directly on the skull, as shown
in Figure 25 & Figure 26, and no voxels discarded from the VOI.
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Figure 25: Axial FLAIR (a) and coronal (b) and sagittal (c) MRI superimposed with the 3D 1HMRS VOI (solid white frame) for the first MS lesion placement. The real part of the 8×8
(LR×AP) 1H spectra matrix from the VOI in (a) is shown in (d) on a common frequency
(1.4 to 3.8 ppm) and intensity scales. The two rectangle-enclosed spectra in (d),
corresponding to the regions in (a), are magnified for better visualization of the smaller
amplitude metabolites. The presence of short T2 metabolites, e.g., myo-Inositol (mI)
reflects the short echo nature of the sequence. Given the superior localization of this
sequence, lipid signals away from the skull (f) can be used for diagnosis and are typical
of MS lesions.
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Figure 26: Axial FLAIR (a) and coronal (b) and sagittal (c) MRI superimposed with the 3D 1HMRS VOI (solid white frame) for the second MS lesion placement. The real part of the
8×8 (LR×AP) 1H spectra matrix from the VOI in (a) is shown in (d) on a common
frequency (1.4 to 3.8 ppm) and intensity scales. The two rectangle-enclosed spectra in
(d), corresponding to the regions in (a), are magnified for better visualization of the
smaller amplitude metabolites. Note the increased lipid signal (e) characteristic of MS for
voxel overlapping the lesion in contrast to the neighboring voxels (f).
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Discussion
To avoid contamination of the subcutaneous lipids in CSI several possible methods may be
used. A series of saturation prepulses that together conform to the shape of the skull can be used
to excite, then dephase, the signal arising from the lipid-rich subcutaneous skull area (43,44).
This method, however, is ineffective when lipids are part of the VOI. Although it is possible to
localize the pulses inside the VOI in order to eliminate the lipid signal two shortcomings are
unavoidable: i) the additional pulses result in an increase in SAR that can be as high as 50% for
the 8 pulses needed for certain VOI placements; ii) Some lipid-free voxels must perforce be
discarded as well due to the natural curvature of the brain resulting in loss of coverage. If 16
voxels are lipid-contaminated in one slice, a total of 16×4 = 64 voxels have to be discarded
despite the majority being centered on brain tissue rather than skull lipids.
An alternative method of removing the lipid signal consists of nulling the lipids using an
inversion recovery sequence, relying on the T1 differences between lipids and metabolites (45).
This method suffers from several drawbacks. First, the multiple T1s of lipids render this
technique less effective. Moreover, a 30-40% loss in metabolite SNR is incurred in the process
(47). Finally, since several neurological pathologies are manifested by an increased lipid signal
in the brain (109-111) the elimination of all cerebral lipids removes a potentially useful
diagnostic tool.
The theoretically ideal PSF of T-HSI allows avoiding these drawbacks. Since the extent of the
bleed in T-HSI is limited, voxels overlapping the skull or their nearest neighbors are simply
discarded while the uncontaminated remainder is used for quantification. Lipid signals inside the
brain can then reliably be used for diagnosis of neurological pathologies. Although signal

68

bleeding from a source voxel to neighboring voxels (“bleed out”) in CSI is readily quantified, the
effect of its converse, signal bleeding from neighboring voxels into a given voxel (“bleed in”),
are more difficult to account given the dependence of the leaking signal phase and amplitude on
the source voxels. The lack of overwhelming lipid signal in T-HSI, in contrast, indicates that
both “bleed in” and “bleed out” are minimized by its approaching-ideal PSF.
Despite the benefits offered by T-HSI several limitations are incurred as well. The pulses used
in the T-HSI sequence are superpositions of N single-slice components making its peak
amplitude ×N higher. Staying within the coil’s voltage breakdown limits restricts the amplitude
of their selective gradients, increases the chemical shift displacement and impacts the slice
profiles and voxel bleed. Since the available B1 per unit RF power decreases with magnetic field
strength while the chemical shift displacement increases linearly with field, this method is more
suitable to lower fields and smaller VOIs. These issues can in principle be improved with better
equipment given their dependence on the RF pulse bandwidth that is in turn contingent on the
hardware used, as opposed to the PSF of CSI which is intrinsic.

Conclusion
We have demonstrated the acquisition of quantifiable spectra from the brains of both healthy
and MS volunteers and compared it to the spectra resulting from acquisition with a CSI-STEAM
sequence. In light of its approaching-ideal PSF, T-HSI spectra from VOIs overlapping the skull
show minimal lipid contamination in voxels away from the skull in contrast to the extensive lipid
contamination across the VOI for CSI-STEAM. The results demonstrate a clinical utility not
accessible with current MRSI methods.
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Chapter 6- Hadamard Spectroscopic Imaging at Higher
Fields
Introduction
Previous chapters have demonstrated the higher SNR and lower bleed afforded by T-HSI in
comparison to CSI by virtue of its superior point spread function. However, unlike CSI, T-HSI is
susceptible to chemical shift displacement (CSD) because of the selective gradients used for
voxel definition. Moreover, since it uses a superposition of radiofrequency (RF) pulses for spin
excitation, the resulting peak amplitude is magnified ×N fold (112). Unfortunately, B1 per unit of
power decreases approximately as the square root with the magnetic field (B0) strength (100).
Consequently, the selective HSI pulses’ bandwidth must be reduced and their gradients
commensurately weakened to maintain the VOI and stay within the coil’s safe voltage and SAR
limits. The lower bandwidths degrade the slice profiles, hence, increase the voxel bleed.
Increasing B0 also increases the chemical shift displacement (CSD), which, in turn, further
degrades the localization (100,112).
In order to increased the bandwidth within a given peak RF power, pulses can be cascaded in
time instead of superimposed (112,113). Cascaded pulses also do not suffer from the BlochSiegert shift, further improving the slice profile (60). While this has been implemented for
longitudinal HSI (L-HSI) (76,113), the adiabatic inversion pulses used entail high SAR. Existing
transverse HSI schemes have employed either pulse superpositions (75) or pulse cascading in
only one direction (112).
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To overcome these limitations we propose an approach combining both longitudinal and
transverse HSI to exploit the best of both methods in order to overcome these limitations. The
new three-dimensional (3D) cascaded HSI (C-HSI) sequence maintains the SNR and localization
advantages of T-HSI, demonstrated at 1.5 T (75), while minimizing the CSD, SAR and pulse
length at 3 T. To that end we compare its performance with 3D CSI in a phantom and
demonstrate its utility in the brain of a volunteer.

Methods
Human subjects
A healthy 29-year-old male volunteer was recruited for this study and gave Institutional
Review Board approved written informed consent. Self-reporting negative answers to a
questionnaire excluding neurological disorders established his “healthy” status before the scan
while an “unremarkable” MRI, as determined by a neuroradiologist, confirmed it afterwards.
The sequence
The spatial encoding comprises a hybrid approach of L-HSI and T-HSI (75,76). The first,
longitudinal, dimension is encoded with a cascade of frequency-shifted, selective 90°±x sinc
pulses (subscripts indicate pulse phase, the “+” or “-“ indicate the +1 or -1 of that row of the
Hadamard matrix (56)). Exciting single slices offers higher bandwidth (lower CSD) and shorter
duration (less T2 losses) compared with adiabatic pulses in addition to lower SAR for pulses of
similar duration and bandwidth, independent of the size of the VOI. Each pulse is played under a
gradient of alternating polarity that both selects the slice and refocuses the previously
accumulated gradient moment, as shown in Figure 27 (112). A “hard” 180°y pulse then refocuses
the slices' local susceptibility, resonance offset and chemical shift. Since the slices are refocused
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at different times, however, a pulse in an orthogonal direction would store only a fraction of the
signal. This is avoided with another cascade of selective, but non-Hadamard encoding, 90°+x
pulses under gradients with polarities symmetric to that of the initial cascade (Figure 27a). For
example, denoting the slice number with bracketed superscripts, the scan corresponding to the
+1,-1,-1,+1 line of the fourth-order Hadamard matrix H4 would consist of: (1)90°+x -(2)90°-x (3)

90°-x -(4)90°+x -180°y – (4)90°x – (3)90°x – (2)90°x – (1)90°x . This pulse “block” that we call a “C-

HSI pulse” (Figure 27), is similar to Levitt's 90°-180°-90° composite (114). It offers better
inversion in the presence of B1 inhomogeneity (115) for half of the slices (those corresponding to
the +1 entries of HN). Note that in order to avoid localization losses caused by pulse
imperfections, all slices are excited every time, even if they are not inverted.
Encoding in the second dimension is done the same way. Since the magnetization is now
longitudinal, readout is combined with encoding in the third dimension with a cascade of
selective 90°±x pulses (112), avoiding a need for a dedicated readout of L-HSI (76). Finally, a
selective 180° refocuses the magnetization, yielding sequential spin echoes from each of the
slices, to be sampled following the refocusing of the last slice. The consequent first-order phase
shift is easily corrected in post-processing.
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Figure 27: The 3D C-HSI sequence (shown at a 2×2×2 resolution for illustration purposes). Each
1.28 ms pulse in the LR (X) direction is applied under a polarity-alternating 9 mT/m
gradient and the cascade refocused by a 0.5 ms gradient pulse. A 0.5 ms 90° phase shifted
"hard" 180° pulse, refocuses the transverse magnetization which is made longitudinal by
a cascade of constant 0° phase pulses under 9 mT/m polarity-alternating gradients (a).
Encoding in the AP (Y) dimension is done in the same manner (b). A 5.12 ms dual-band
selective OVS RF pulse excites then crushes any magnetization outside the VOI (c). A
pulse cascade under gradients in the IS (Z) direction flips the magnetization to the
transverse plane (d) where a selective SLR 13.58 ms 180° refocuses it, further eliminates
magnetization outside the VOI (e) and is followed by signal sampling.
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Outer volume suppression (OVS)
Spins inside and outside the VOI are excited by each C-HSI pulse. At the VOI corners,
however, spins unaffected by the first two C-HSI pulses will be read-out by the third,
contaminating the VOI. We combine three methods are to suppress their signals. First, a four
step phase cycling scheme modifies the phase of the pulse blocks at each cycle, according to
Table 3, but does not affect the spins in the VOI that “see” all three pulse blocks. Summing the
four steps cancels the extraneous signals.
Second, additional OVS is achieved with a 5.12 ms dual-band Shinnar-Le-Roux (SLR) 90°
pulse (80,116), placed immediately before the last C-HSI 90°, when the VOI magnetization is
longitudinal, immune to gradients, as shown in Figure 27b. It excites two 8 cm wide bands on
both sides of the VOI, during leaving the lipids’ only ~10 ms to recover compared with 30 –
40 ms when OVS is applied before VOI definition in PRESS and STEAM, a substantial
improvement given their short, ~200 ms T1s (47). Longitudinal VOI magnetization, affected only
by T1 during A, will suffer ‹1%, loss in sensitivity and none in localization, given metabolites’
long, ›1 s, in vivo T1s (81,82). Finally, third, a selective 13.58 ms SLR 180° pulse, under a
1.15 mT/m gradient perpendicular to the above OVS pulse, refocuses the only remaining (VOI)
magnetization.
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Phases (°)

Acquisition cycle
C-HSI Pulse 1

C-HSI Pulse 2

C-HSI Pulse 3

1

0

0

0

2

-180

0

-180

3

0

-180

-180

4

-180

-180

0

Table 3: Phase cycling scheme used for outer volume suppression. The phases of the C-HSI
pulses were inverted based on the measurement. Summing the four acquisitions
eliminated the outside signal leaving only signal inside the VOI.

Simulation
Each RF pulse consisted of a 1.28 ms, 4.1 kHz sinc, apodized with a Hann filter and frequency
shifted to excite the correct spatial location with a 0°, or 180° phase according to the +1 or -1
entry in that row of the 8th order Hadamard matrix HN. This process was then repeated for each
of the N rows of HN. The resulting slice profiles for these pulses under a 9 mT/m gradient were
simulated by numerically solving the Bloch equations in the presence of relaxation (T1/T2 = 1 s /
250 ms), using in-house software (MATLAB, The Mathworks Inc., Natick, MA), as shown in
Figure 28.
Phantom
SNR and localization performance comparison of C-HSI versus CSI was done in the
cylindrical phantom previously described in Chapter 3.
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MRI
All experiments were done in a 3 T whole-body imager using its transmit-receive head-coil
(Tim Trio, Siemens AG, Erlangen Germany). Axial T1-weighted Magnetization Prepared RApid
Gradient Echo (MP-RAGE): TE/TI/TR= 3.79/1100/2100 ms, 256×256 matrix, 220×220 mm2
FOV, 208 1 mm thick slices, MRI were obtained and reformatted into axial, sagittal and coronal
projections at 1 mm3 isotropic resolution for VOI image-guidance.
MRSI
At TR=1.2 s, optimal for ~1 s T1s of brain metabolites (83), the 8×8×4=256 encoding steps ×4
phase cycles =1024 acquisitions took 21 minutes. A 1 kHz peak B1 satisfied both the voltage and
3.2 W.kg-1 SAR limits in the head (56). Given the peak B1 and that each pulse only excites a
1 cm slice, strong, 9 mT/m, gradients were possible in each direction (Figure 27), leading to a
0.05 cm (5% of the slice thickness) maximum CSD between NAA, the frequency at which the
pulses were centered and myo-inositol (mI). A 1.28 ms cascade pulse element length provided a
balance between slice profile and the T1 and T2 losses inherent to the cascade train-length. FIDs
were sampled for 512 ms at ±1 kHz bandwidth.
The MRSI data were processed off-line with our in-house software. Residual water signals
were removed from each FID in the time domain (84); and the data Fourier transformed in the
time domain and 3D inverse Hadamard transformed along the three spatial directions (85). Each
spectrum was automatically corrected for frequency drift (117), zero and first order phase shifts
(arising from the 17 to 24 ms delay in the echo acquisition from each slice) using the NAA and
Cho peaks as references (113).
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HSI versus CSI comparison
Phantom
A 1D version of the proposed sequence was run on the phantom with a 5.5×15×15 cm3 VOI
and 4×1×1 resolution in the left-right (LR)× anterior-posterior (AP) × inferior-superior (IS)
directions, as shown in Figure 29. The experiment was repeated using CSI-STEAM
(TM/TE=10/20 ms) with ×4 phase-encoding along the partitions and same resolution, VOI and
10 s TR. To assess the reproducibility, each experiment was repeated 3 times back-to-back. The
×4 encodings ×4 averages ×3 repetitions =48 acquisitions took 8 minutes.
In Vivo
The C-HSI sequence was run on a healthy volunteer using the acquisition parameters
described in the MRSI section above. It was then followed by a 3D CSI-STEAM
(TM/TE=10/20 ms) sequence with the identical acquisition parameters. The experiment was
repeated three times on the same volunteer to obtain statistical measurements. The data from
each sequence was processed as described above.
In vivo reproducibility
In order to assess the reproducibility of the 3D C-HSI sequence in vivo, we repeated the
acquisition back-to-back four times on the same volunteer without moving or changing any of
the acquisition parameters to avoid possible VOI misregistration and biological noise. A 3D
localizer was performed between the sets to allow estimation of subject motion between scans.
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Results
Simulation
The simulated transverse magnetizations that are the results of the application of each
Hadamard pulse on a homogeneous sample, are shown in Figure 28a. Applying an inverse
Hadamard transform H-1 (57) to them, yielded the individual slice profiles, shown in Figure 28b.
T2 decay and the pulses' finite durations combine to cause a ~7% slice profile deviation at the
full-width-at-half-max from the boxcar ideal, calculated by taking their areas ratio.
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Figure 28: Mx (red) and My (blue) transverse magnetization profiles of the 8th-order C-HSI
pulses on a common [-10,10] cm spatial and [-1,1] amplitude scale (a) obtained via
simulation and the voxel profiles (b) resulting from Hadamard reconstruction of the 8
waveforms. Pulse profiles are generated by a cascade of frequency shifted sinc pulses
whose phases varied according to the entries of the Hadamard matrix rows. Note the lack
of any signal excited outside the voxels indicating the superior localization of C-HSI.
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Phantom
Automatic shimming yielded a 7 Hz VOI water linewidth. The VOI was positioned so that
each compartment contained one voxel, i.e., “labeled” by one spectral line of unique chemical
shift, as shown in Figure 29. Any additional peak(s) in it indicate bleed whose chemical shift
discloses the partition of origin and intensity indicates its amount. Comparison reveals markedly
less bleed for C-HSI than CSI-STEAM, as shown in Figure 29b, reflecting its origin in slice
profile imperfections (Figure 28b). For a given metabolite k, the bleed Bk, is estimated from its
total peaks’ areas in all voxels, i, Si, and in its own compartment, k, as:
voxels

Bk   i 1

Sik 1   ik 

voxels

 i1

Sik 100%

[35]

The SNRs, defined as peak-height divided by the RMS of the noise (87), along with its ratio
for the two methods and their respective bleeds, are compiled in Table 4. The CSI results include
loss due to voxel bleed and STEAM’s inherent 50% loss (46,70).
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Figure 29: Voxel bleed and SNR were quantified using the phantom shown (a). Spectra from the
4×1×1 CSI-STEAM (b) have been scaled ×2-fold to facilitate comparison with the C-HSI
spectra taken along the partitions axis of the phantom (c). Arrows indicate interslice
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bleed. Note the minimal bleed in the C-HSI spectra (better localization) and the
consequent higher SNR in contrast to CSI bleed extending across the VOI (see Table 4).

Meth

NaAc

t-But

TMSP

C-HSI

5255 ± 502

3839 ± 352

4106 ± 428

3337 ± 392

CSI

2386 ± 61

1655 ± 127

2101 ± 158

1463 ± 68

C-HSI

4.6 ± 0.7

5.9 ± 0.9

3.6 ± 1.0

8.9 ± 0.9

CSI

21.9 ± 1.3

14.1 ± 0.7

16.4 ± 1.1

17.7 ± 1.1

SNRC-HSI/CSI

2.28 ± 0.20

1.96 ± 0.18

2.32 ± 0.18

2.21 ± 0.26

BleedC-HSI/CSI

0.21 ± 0.03

0.41 ± 0.04

0.22 ± 0.05

0.50 ± 0.04

SNR

Bleed (%)

Ratios

Table 4: Comparison of the SNR and voxel bleed (estimated according to Eq.[35] ) in the
phantom of Figure 29 between ×4 CSI-STEAM and C-HSI. The substantially lesser bleed
of HSI and the consequent better SNR, reflected by an SNRHSI/CSI › 2.0, should be noted.
In Vivo Human Brain.
The position of the VOI is shown in Figure 30a,c. Automatic shimming adjusted the first and
second order currents to 15 Hz VOI water linewidth. The resultant 3D C-HSI spectra, shown in
Figure 30d, reflect the underlying anatomy, e.g., reduced (no) NAA signals in voxels which
partially (entirely) involve ventricles (44). The combination of OVS mechanisms outlined in the
Methods section eliminated extraneous contamination as indicated by the minimal lipid peaks in
the 1-2 ppm range shown in Figure 30. Importantly, OVS yields a maximal number of voxels
with useable spectra avoiding the need to discard them and maximizing spatial coverage. The

82

voxels' average NAA, Cho, Creatine (Cr) and myo-inositol SNRs were: 31±14, 24±8, 22±7 and
13±6.
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Figure 30: Left: Axial (a), coronal (b), and sagittal (c) MRI of the volunteer superimposed with
the 1H-MRSI VOI (solid white frame). Bottom: (d) real part of the 8×8 (LR×AP) 1H
spectra matrix from the VOI on a common frequency (1.4 to 4.1 ppm) and intensity
scales. The dashed outline encloses voxels involving mostly ventricles. The two
rectangle-enclosed spectra in (d), corresponding to the regions in (a), are magnified for
greater detail. Note the spectral resolution, SNR resulting from the short echo allowing
visualization of short T2 metabolites such as Glutamine (Gln), Glutamate (Glu), myoInositol (mI) and Aspartate (Asp) in the 1 cm3 voxels obtained at 3 T in ~21 minutes.
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Minimal lipid signals in the 1.0 to 1.4 ppm range reflect the superior OVS of this
sequence.

In Vivo HSI versus CSI comparison
Automatic shimming adjusted the first and second order currents to 18 Hz water linewidth in
the VOI shown in Figure 31a,b,c. In the resultant 3D C-HSI spectra (Figure 31e & Figure 32b)
multiple short-T2 and J-coupled metabolites are visible, in contrast to the 3D CSI-STEAM
spectra (Figure 31d & Figure 32a). One voxel, located in the ventricles, was selected from the
spectra of each sequence (Figure 31d,e) and the SNR of its NAA peak calculated for each of the
three experiments. The SNR for the 3D CSI-STEAM sequence was 4±1 while the C-HSI
sequence yielded an SNR of 6±1. Given STEAM’s intrinsic 50% signal loss, the difference in
NAA signal implies a signal bleed that is 33% larger for the CSI-STEAM sequence compared to
the C-HSI sequence.
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Figure 31: Left: Axial (a), coronal (b), and sagittal (c) MRI of the volunteer superimposed with
the 1H-MRSI VOI (solid white frame). The real part of the 8×8 (LR×AP) 1H spectra
matrix from the VOI for both the CSI-STEAM (d) and the C-HSI (e) sequences are
shown on a common frequency (1.5 to 4.1 ppm) scale. The solid rectangle-enclosed
spectra in (d,e) correspond to the voxel used to calculate the bleed differences whereas
the dashed rectangle-enclosed spectra are magnified in Figure 32 for easy visualization.
Note the minimal metabolite signal in the selected voxel overlapping the ventricles.
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Figure 32: Magnified CSI-STEAM (a) and C-HSI (b) spectra from Figure 31. The CSI-STEAM
spectrum has been scaled ×2-fold to facilitate comparison with the C-HSI spectra. Note
the larger number of metabolites visible in the C-HSI spectrum.

In vivo Reproducibility
The area of the NAA, Cho and Cr lines was integrated for every voxel in each of the four
back-to-back experiments. Their mean and standard deviation were then used to estimate their
coefficient of variation (CV= standard deviation / mean) in each of the 256 voxels. The CVs’
distributions are shown in Figure 33. The 15, 25 and 20% average CVs for NAA, Cr and Cho are
in line with those reported for MRSI in voxels of this size at 3 T (88). The localizer scans
performed between each of the back-to-back scans showed less than 3 mm subject motion.
SAR
The SAR impact of the 90°x – 180°y – 90°x C-HSI pulse combination was compared to that of
a single, non-adiabatic, 13.5 ms, 180° pulse synthesized using optimal control methods (118,119)
with 4 kHz bandwidth and 1 kHz peak B1. The ratio of energy required to excite a single slice
using the C-HSI pulse compared to that of the optimal control pulse was 20%. Since the same
180° pulse is used to refocus multiple slices in the C-HSI pulse, this ratio is reduced further at
higher resolutions, diminishing to 11% for the ×8 resolution.
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Figure 33: Box plots showing the first, second (median) and third quartiles (box), ±95%
(whiskers) and outliers (+) of the coefficient of variation for the three major metabolites
in the VOI.

Discussion
Spectroscopic imaging benefits from the increased sensitivity and spectral resolution offered by
higher fields (100). However, the increase in spectral resolution, in conjunction with lower peak
RF levels available, also exacerbate the CSD. The effect in 3D can be substantial: a displacement
as small as 10% in each direction is compounded and results in merely 73% overlap between the
original and displaced volumes (41). While Hadamard-encoding has been shown to offer
increased SNR and lower bleed compared to CSI (75,76) it is also susceptible, unlike CSI, to
CSD, especially at higher fields since the superposition pulses excite the entire VOI thus
requiring weaker gradients at higher fields. The adiabatic pulses used in previous HSI
applications (76,113) to overcome this deficiency entail a cost in SAR and pulse length (T2
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losses) as well bandwidth (CSD) making them less suitable for higher fields than the sincs used
here. Indeed, the C-HSI pulses used in this sequence required a fraction of the energy of an
optimized, non-adiabatic, inversion pulse per unit of excitation bandwidth. The difference in
required energy is expected to be even larger if adiabatic pulses are used. Equivalently, for a
fixed SAR and peak B1, significantly higher bandwidths (and therefore reduced CSDs) can be
attained using C-HSI as compared to T-HSI and L-HSI.
In this paper we test the hypothesis that the SNR and localization advantages of HSI over CSI
using identical acquisition parameters (FOV, voxel size and acquisition time) can be maintained
at higher fields. Our findings, (Table 4 and Figure 29), support this hypothesis. Specifically:
Localization
The C-HSI sequence’s voxel bleed, shown in Table 4, is 8-16% smaller than CSI's, indicating
better localization. This difference is apparent in Figure 29 where the CSI bleed extends across
the entire FOV (Figure 29b) in contrast to the C-HSI bleed (Figure 29c) which is smaller and
more limited in extent. It should be noted that although the phantom’s 3 mm partition walls help
reduce the bleed, since the voxels sizes are the same, both sequences benefit equally. The low
bleed of C-HSI is also reflected by the minimal lipid peaks in the 1 – 2 ppm region of the spectra
in Figure 30.
The bleed was further measured in vivo by comparing the signal present in a voxel located in
the ventricles for both the CSI and C-HSI sequences. Although no metabolites are present in the
ventricles two sources of signal can give rise to a non-zero metabolite peak in voxels involving
the ventricles. First, given the ventricles’ irregular shape the voxel selected may not be entirely
contained in the ventricles. Additionally, signal leaking from neighboring voxels will be
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registered as originating in the ventricles. Since the same voxel was selected for both sequences,
SNR differences will be solely due to signal bleed differences between the two methods. The
bleed of 3D CSI is shown to be 33% larger than that of 3D C-HSI, in line with the results
obtained in the one dimensional phantom.
SNR
Peak B1, pulse bandwidth and finite T2 limitations yielded slice profiles that deviated from
ideal rectangles by ~7%, as determined from the simulations. The calculated C-HSI bleed was
based on the observed, 7% reduced signal. Accounting for both sources (i.e. slice profile
imperfections and bleed) results in a 12-16% signal loss in the phantom compared to the ideal
boxcar voxel shape. The ratio of the remaining signal in the two sequences (84-88% in C-HSI;
78-82% in CSI) predicts 1-12% SNR gain for C-HSI, in line with the results of Table 4.
CSD
Because it uses gradient phase encoding for spatial localization, rather than selective pulses,
CSI is not subject to CSD. Nevertheless, to avoid lipid contamination, CSI must be combined
with selective outer volume suppression methods, e.g., STEAM or PRESS that suffer from CSD.
Common displacements can reach 2 mm/ppm in STEAM and 10.4 mm/ppm in PRESS (120).
The 9 mT/m gradients used here for C-HSI selective excitation, induce only 0.3 mm/ppm CSD,
6-35 fold lower than that suffered by volume localization pulses of PRESS- or STEAM-CSI
(120). (Although in PRESS or STEAM it only appears at the voxels edges, it is present in every
voxel in C-HSI). This smaller CSD is coupled with the higher SNR, lower bleed, arbitrarily short
TE and an ability to excite non-contiguous slices advantages of C-HSI.
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In Vivo spectra
The sequential excitation of the slices yield TE ranging from 17 to 24 ms. These permit
visualization of the short T2 metabolites shown in Figure 30, e.g. glutamine, glutamate, myoinositol and aspartate. The reproducibility of the proposed sequence is similar to that obtained
with CSI based methodology as well as superposition-based transverse Hadamard encoding at
1.5 T(75,88).
An N-th order longitudinal Hadamard encoding only yields N-1 “usable” slices since one is
convolved with extraneous signals and typically needs to be discarded, leading to reduced
coverage [p. 280 of (60)]. In the proposed sequence, the OVS scheme used effectively eliminates
any extraneous signal avoiding this loss, as demonstrated by the 64 useable spectra in Figure 30.
Limitations
Each slice tipped to the transverse plane undergoes a different T2 relaxation depending on the
order in the cascade in which it was excited. Depending on the length or number of pulses used
and the metabolites T2’s this decay can be non-negligible. Moreover, since the same cascade is
also used in the second dimension, the losses are multiplicative. However, in light of the ~22 ms
worst-case duration of the ×8 cascade block and given the ~300 ms (121) common T2s for the
major metabolites, the losses add up to ~13%. This sequence is nevertheless best suited for small
(×2, ×4) grids or with short pulse elements. Finally, the OVS phase cycling scheme determines
the minimum scan time. Since the low SNR associated with MRSI often dictates multiple
averages, this increase is acceptable for the typical MRSI resolutions encountered in-vivo.
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Conclusion
The extraneous signal rejection achieved by the selective pulses, destructive interference in the
inverse Hadamard transform and the OVS scheme, are sufficient for short-echo acquisition,
minimizing T2 losses and J-modulations. With the ~15 minutes for subject-loading, shimming
and MRI, the procedure requires less that ¾ hour, which can be tolerated by most. The RF
waveforms used can be implemented on any modern imager and are safe with respect to their
SAR. A near elimination of the chemical shift displacement, improved SNR and localization
lend this method to clinical use, especially when small localization matrices are needed.
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Chapter 7- Summary and Future Research
Summary
Magnetic resonance spectroscopic imaging can provide important information on the
biochemical processes occurring in a number of pathologies. Following its introduction (71,72),
chemical shift imaging has become the standard method for multi-voxel MRSI. This widespread
acceptance is not undeserved; CSI is simple to implement, requiring only gradients switching, is
low in SAR and is immune to chemical shift displacement, making it especially attractive at high
fields (41). Nevertheless, CSI also has a few, often ignored limitations: its field-of-view (FOV)
must be greater than the object to avoid aliasing and the finite k-space sampling, due to limited
scan time, results in a sinc-like point-spread-function (PSF) that distributes a fraction, per
direction, of any voxel’s signal across the FOV, reducing both localization accuracy (43-45) and
signal-to-noise-ratio (SNR) (46). Since the sensitivity of protons at clinical fields (up to 3 T) and
reasonable scan durations limits voxel size to ~1 cm3, the PSF at such low spatial resolutions
admixes extraneous signals, especially from the skull lipids, into the volume of interest (VOI)
that can confound and even overwhelm its metabolites’ signals.
In this thesis we’ve developed alternative multi-voxel MRSI methods based on Hadamard
spectroscopic imaging, T-HSI and C-HSI, which overcome the limitations described above by
virtue of its theoretically ideal point spread function. The gains in SNR and reduction in bleed
(both bleed in and bleed out) that was demonstrated for HSI allow clinical applications that were
previously infeasible using CSI, namely scanning pathologies occurring near the skull. The
chemical shift displacement issue, a potential weakness of T-HSI at high fields, was solved by
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the introduction of cascaded Hadamard pulses and the C-HSI sequence described in Chapter 6.
The two sequences developed in this thesis open several future research vistas both in the
technical and clinical realms. Those will be described next.

Future research
Technical
Ultra high fields, commonly defined as magnetic fields 7 T or larger, offer several benefits for
MRSI over current clinical-strength fields. The first is the increased magnetization available
which, at least in theory, results in an increased SNR per unit volume. The increased SNR may
be traded for spatial resolution allowing voxels as small as 0.2 cc (54) in the brain in contrast to
the 1 cc voxels common in 1.5 and 3 T. A second benefit is the result of the increased frequency
spread of the metabolites due to the stronger field which allows easier identification of
overlapping metabolites. Unfortunately, significant technical challenges hinder the widespread
application of MRSI at high fields. The T2 of brain metabolites is reduced at higher fields (122)
causing faster decay of the signal. In addition, the high resonance frequency entails greater
energy deposition by the RF pulses reducing the available B1 and increasing the chemical shift
displacement and the SAR as well as the coil inhomogeneity(100).
The C-HSI sequence, described in chapter 6, is well suited for overcoming these limitations.
Strong selective gradients, used for slice excitation, mitigate the chemical shift displacement
despite the smaller B1. The sequence has a short-echo time that can be eliminated altogether
rendering it a non-echo sequence and solving the problem of the shortened T2 of the metabolites.
The equivalence of the C-HSI pulses to composite pulses confers an additional measure of
resistance to coil inhomogeneity. Furthermore, the sequence can be combined with RF shimming
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(123) to increase the coil homogeneity even further. Multichannel receive coils can then be used
to speed up acquisition and reduce total scan time (124).
Clinical
MRSI has been used for diagnosis and tracking of a large number of diseases, a sampling of
which is given in Chapter 1. Improvements in metabolite acquisition over current state-of-the-art,
by the use of the HSI sequences described in this thesis for instance, can thus have widespread
impact in a variety of clinical scenarios. More importantly, certain clinical applications are
impractical or difficult using current standard methods, in contrast to the HSI sequences
developed here. We briefly describe two such applications that are the subject of active research
projects.
One of the key requirements in the treatment of epilepsy is accurately determining the seizure
focus region which is then typically removed (38). Often occurring near the skull, seizure foci
are diffuse in nature and are not always visible on an anatomic MRI. Studies show that metabolic
anomalies in epilepsy can be detected in MRS despite the normal MR images (12). Finding the
seizure focus implies scanning a large VOI at high resolution for which single-voxel methods are
inadequate. As explained in chapter 4, methods such as CSI do not allow scanning regions near
or on the skull, where the seizure foci may be located. In contrast, the approaching-ideal PSF of
T-HSI permits acquisition of quantifiable spectra even when the VOI is on the skull and is
therefore better suited for such an application.
The superior PSF of T-HSI and its consequently smaller bleed can prove important in other
clinical scenarios. In the case of brain tumors, the presence of an elevated Cho signal away from
a tumor mass can be used to reliably determine the extent of its infiltration rather than be an
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error representing bleed that results from the spatial encoding method (96). This allows the
physician more precision in measurement of the cancerous tissue that needs to be resected,
potentially sparing vital brain tissue which would otherwise be removed to ensure complete
elimination of the tumor.
The clinical uses of the methods developed in this thesis that were outlined in this chapter are
by no means exhaustive. While it is difficult to predict the progress of a field of research, given
the widespread applications of MRSI, it is certain that methods such as the ones presented in this
thesis will contribute to our understanding of many pathologies in the years to come.
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