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Abstract
Purpose—To develop, implement, and evaluate a novel post-processing method for enhancing
the spectral resolution of in vivo Magnetic Resonance Spectroscopic Imaging (MRSI) data.

Materials and Methods—Magnetic field inhomogeneity across the imaging volume was
determined by acquiring MRI datasets with two differing echo times. The lineshapes of the MRSI
spectra were derived from these field maps by simulating an MRSI scan of a virtual sample whose
resonance frequencies varied according to the observed variations in the magnetic field. By
deconvolving the lineshapes from the measured MRSI spectra, the linebroadening effects of the
field inhomogeneities were reduced significantly.

Results—Both phantom and in vivo proton MRSI spectra exhibited significantly enhanced
spectral resolutions and improved spectral lineshapes following application of our method.
Quantitative studies on a phantom show that, on average, the full width at half maximum of water
peaks was reduced 42%, the full width at tenth maximum was reduced 38%, and the asymmetries
of the peaks were reduced 86%.

Conclusion—Our method reduces the linebroadening and lineshape distortions caused by
magnetic field inhomogeneities. It substantially improves the spectral resolution and lineshape of
MRSI data.

Keywords
magnetic resonance spectroscopic imaging; spectral resolution; field inhomogeneity; field
mapping; deconvolution

INTRODUCTION
Spectral resolution defines the ability to distinguish two closely spaced peaks in a spectrum.
It is one of the most important determinants of the quality of Magnetic Resonance
Spectroscopy (MRS) data (1–3). Low spectral resolution can obscure the information
available from a spectrum of tissue metabolites, hindering the detection and quantification of
some or all of those metabolites. This is especially true for in vivo proton MRS (1H MRS) of
the brain, for several reasons. First, the differences in the chemical shifts of brain
metabolites are relatively small (i.e., the spectral peaks are close to one another), and the line
splitting caused by J-coupling further reduces the separation of the peaks in the spectrum.
Consequently, some spectral lines overlap intrinsically and cannot be easily distinguished.
Second, inhomogeneities of the magnetic field caused by the spatial variation of the external
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field, B0, and by the local differences in magnetic susceptibility of different tissues, produce
line broadening and distortion of the lineshape, thereby reducing spectral resolution.
Consequently, some lines that are intrinsically separated may overlap. Third, motion of the
tissue being imaged may produce line broadening and reduce spectral resolution.

Many techniques have been developed to improve the spectral resolution of in vivo MRS.
These techniques generally fall into one of two classes, depending on whether they are
employed during the acquisition or the processing of spectral data. The most commonly
employed strategy for improving spectral resolution during data acquisition is to improve
the homogeneity of the main magnetic field, B0. Fast, high-order shimming techniques (4)
have been implemented on modern scanners, yet these methods cannot eliminate variations
in the local magnetic field across the imaging volume that are caused by differing magnetic
susceptibilities of the various tissues that are interposed within the body. Another strategy to
increase spectral resolution is to acquire data at higher magnetic field strengths, which
increases the signal-to-noise ratio (SNR) of the MRS data.

Theoretically, doubling the field strength should double the differences in chemical shifts
and therefore the separations of peaks in the metabolic spectrum. Unfortunately, the benefit
of higher field strengths in improving spectral resolution is much lower than theoretically
predicted. Several recent studies have shown, for example, that scanning at 3 or 4 Tesla (T)
increases spectral resolution only marginally compared with spectral resolution obtained at
1.5 T. Use of scanners with higher magnetic field strengths compromises spectral resolution
because those scanners usually have poorer magnetic field homogeneity. Higher field
scanners must contend with shorter  and increased susceptibility effects, both of which
increase spectral linewidths (2,5–9). Moreover, scanning at higher magnetic field strengths
does not eliminate the adverse effects that distortion of line shape can have on spectral
resolution. Additionally, the upper limit on field strength, and therefore on the benefits that
higher field strengths confer on spectral resolution and SNR, is constrained by both practical
and safety considerations.

Techniques that permit the rapid acquisition of MRSI (Magnetic Resonance Spectroscopic
Imaging) data can reduce total scan time and thereby reduce the likelihood that the person
being scanned moves, and reducing motion artifact will indirectly reduce linebroadening
(10,11). Rapid data acquisition, however, often comes with other scanning artifacts and
reduced SNR. Additional acquisition-based techniques that are designed to improve spectral
resolution include higher spatial resolution MRSI (12) and 2 dimensional (2D) J-resolved
MRSI (13), both of which require longer scan times.

Most software-based methods that have been developed to improve spectral resolution are
either borrowed or modified from those commonly used in processing conventional Nuclear
Magnetic Resonance spectra (14). These methods, however, usually produce only marginal
improvement in spectral resolution of in vivo MRS data. The method of Positive
Exponential Multiplication (PEM), for example, multiplies the free induction decay (FID,
the time-varying MR signal) by a positive exponential function. Although this operation can
increase spectral resolution, it also increases noise in the signal and reduces overall SNR, a
cost that usually cannot be afforded with in vivo data, given that the SNR of in vivo MRS
data is typically already poor. A method similar to PEM is the Double Exponential
Multiplication (DEM), which transforms the Lorentzian lineshape to Gaussian with a
narrower linewidth at the base of a peak. When employing carefully selected exponential
factors, DEM can improve spectral resolution while largely preserving the SNR (14).
Because the lineshape of in vivo MRS is often more Gaussian than Lorentzian, however,
and because metabolite peaks may overlap far above their bases, DEM has limited
applicability for in vivo MRSI. Another processing-based method is spectral deconvolution
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using the isolated singlet of water as a reference (15,16). This approach assumes that the
water peak and metabolite peaks have identical lineshapes, which is not always true for in
vivo MRSI, because the distribution profiles and chemical shift displacements of water and
metabolite peaks can differ (17). Moreover, acquiring an MRSI dataset for water typically
doubles MRSI scan time, which is highly undesirable and usually impractical in many
clinical and research applications. Because of these inherent difficulties, processing-based
methods have limited utility for improving the spectral resolution of in vivo MRSI data.

Recently, the effects of field inhomogeneity on the linewidth of MRSI spectra that were
reconstructed using SLIM (18), a non-Fourier-based MRSI technique, were investigated
(19,20). The field inhomogeneity was derived from magnetic field mapping and was
incorporated into the algorithm of SLIM reconstruction. The performance of this approach
was demonstrated using data from a 2D phantom (19) and 1D in vivo MRSI (20). The
results showed that this method significantly improved the SLIM technique in terms of the
reduced signal contamination within compartments and narrowed spectral linewidth. The
field mapping technique was also employed in FFT-based MRSI to measure field
inhomogeneity (21), and this information was directly incorporated into the spectral analysis
to improve quantification of metabolites (22).

We present a method for enhancing spectral resolution of in vivo 1H MRSI data. The
technique is based on the deconvolution of spectra using as references the lineshapes derived
from magnetic field mapping (23). At any given field strength, spectral resolution is related
to the linewidth of the spectrum, which is in turn determined jointly by the natural (or
intrinsic) linewidth and by linebroadening that is caused by inhomogeneity of the magnetic
field. Microscopically, the linewidth of a metabolite spectrum from a volume of the sample
being scanned can be regarded as a combination of many spectral lines originating from tiny
sub-volumes of the sample. Each of these spectral lines has its natural linewidth, but
frequencies are altered slightly by the small variation in strength of the local field where the
sub-volume is located (17,20–22). Mathematically, this combination of spectral lines from
sub-volumes is described as a convolution of the natural linewidth and the profile of the
lineshape for the metabolite signal originating in different sub-volumes. For in vivo MRSI,
the profile of the lineshape, or the lineshape function, is determined largely by the
linebroadening that is caused by inhomogeneity of the static magnetic field. Therefore, the
lineshape function can be derived from the summation of spectral lines that have infinitely
narrow linewidths. By deconvolving the measured spectra from the lineshape function that is
derived from field mapping, we can significantly reduce the linewidth of the spectrum and
thereby enhance the spectral resolution of MRSI data. We have designated this method
“Spectral Resolution Amelioration by Deconvolution” (SPREAD). In the following sections,
we will first describe the theory and methods of SPREAD, then apply it to the proton MR
spectra of both phantom and human brain, and finally conclude with a discussion of its
performance.

THEORY
A phase encoded signal in MRSI can be expressed as:

[1]
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where  is the spin density of the tissue at location  with an MR frequency f, SW is

the spectral bandwidth of the receiver, R is the excited spatial volume of interest (VOI), 
is the spatial-frequency vector corresponding to a point in k-space that represents a phase
encoding step, {td }= t1, t2, …, tD are time points of the acquisition, and Δf is the frequency
dispersion caused by the field inhomogeneity, ΔB:

[2]

where γ is the gyromagnetic ratio of the nucleus.

In the case of conventional 2D MRSI,

where Nx and Ny are the numbers of PE steps in x and y directions, respectively. The Nx ×

Ny phase encoded signals will be a 3D matrix in k-space:  with two
spatial dimensions and one spectral dimension in time domain (with ND data points). A 2D
spatial Fourier transform translates these k-space signals into spatial signals in the Nx × Ny
grids or matrix of voxels, with the signal in each voxel, Sv, given by,

[3]

Here ⊗ stands for convolution integration and  is the point spread function (PSF),
whose 1D form is given by,

where FOVx is the field of view in the x dimension.

We explain the physical meaning of Eq. [3]. The variable  is in the coordinate system of
the high-resolution anatomical MRI. The integration runs across all individual voxels, {Vi},
in the MRSI grid, which ideally should produce spectra for all elements in the Nx × Ny
matrix. However, the limited number of data points in the Fourier transform produce signal
contamination across voxels, so that the signal in voxel Vi will have contributions from other
voxels. This phenomenon is described in Eq. [3] by the convolution integration of the PSF
with the ideal matrix of spectra. Clearly, variables  and x in the convolution are within the
MRSI coordinate system and run across the whole MRSI grid. Note further that in order to
suppress the long-range contamination due to the PSF, spatial filtering is routinely applied to
the MRSI dataset in k-space prior to reconstruction using the 2D spatial Fourier transform,
but at the price of increased bleeding of signal among immediately adjacent voxels. This
spatial bleeding decreases the actual spatial resolution of the MRSI dataset. Accordingly,
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identical spatial filtering must be applied when reconstructing the lineshapes for the MRSI
voxels, as described in Field Mapping and Lineshape Reconstruction in the next section.

We now simplify Eq. [3] to derive an analytical relationship between the ideal spectrum and
the actual spectrum in an inhomogeneous field. First, we suppose that the  term is
constant within each Vi. The above equation can be simplified as

[4]

where  is the time domain equivalent of , the ideal signal in a volume Vi with
intrinsic frequencies and linewidths. Then we ignore inter-voxel contamination by replacing
the PSF in Eq. [4] with a δ function:

which gives,

[5]

The phase terms in Eq. [5] that are induced by field inhomogeneities within voxel V will
cause accelerated and distorted decay in the time domain signal s̃V(td) and, consequently,
will produce an increased linewidth and a distorted lineshape in the frequency-domain
spectrum. We thereby refer to this term as the lineshape profile of the spectrum for that
voxel, without considering the PSF:

[6]

The ideal signal  can be recovered from the measured signal, sV(td), by dividing point-
wise by the lineshape profile:

[7]

[Eq. 5–Eq. 7] are valid only for single voxel MRS or an ideal MRSI that is not contaminated
by the effects of the PSF. In reality, the voxel’s spectrum sV(td) in the Fourier-transform
reconstructed MRSI will automatically incorporate the PSF effect. Therefore the effects of
the PSF must also be taken into account in the lineshape profile of the voxel’s spectrum:

[8]

Dong and Peterson Page 5

J Magn Reson Imaging. Author manuscript; available in PMC 2009 October 16.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



This can be realized by simulating the MRSI with a virtual sample whose spin density is
unity and whose frequencies are .

The ideal signal  can then be recovered from the measured signal sV(td) by again
dividing point-wise by the lineshape profile LV(td):

[9]

This is a deconvolution in the time domain.

The preceding is a theoretical outline of our proposed algorithm. Several points warrant
mention.

1. The amount of frequency dispersion  in Eq. [2] can be measured from 
using magnetic field maps, which can be derived from high-resolution MR images
that are acquired using two different gradient echo times (TEs) (23). Therefore, if

 is known, the linebroadening and lineshape distortions caused by field
inhomogeneities can be reduced significantly, and spectral resolution can be
significantly improved, using Eq. [9].

2. The calculated lineshape also depends on the resonance frequency of water, which
was set to 0 with respect to the system frequency f0(B0).

3. The low spatial resolution of MRSI relative to the spatial resolution of the field
maps causes partial volume effects for some voxels at the edge of the MRSI or near
the cerebral ventricles, where metabolites are absent. In practice, these partial
volume effects should be excluded when using Eq. [8] to calculate lineshape
profiles, lest the calculated lineshapes deviate from the actual lineshapes of the
metabolites in those voxels.

4. Various practical problems must be addressed during the implementation of
SPREAD. For example, the lineshape profiles were not calculated using Eq. [6] or
Eq. [8], but were derived by using a scheme of MRSI simulation that automatically
accounts for the PSF effects. In addition, spikes at points of zero-crossing in the
denominator and amplification of noise at the ends of the signal can occur when
recovering the ideal signal using Eq. [9] (24). These practical problems will be
addressed in the Materials and Methods section below.

MATERIALS AND METHODS
Data Acquisition

We acquired MRI and MRSI data both on a phantom and on human volunteers using a
whole-body 3T scanner (Signa 3.0T, GE Healthcare, Waukesha, WI) equipped with a
single-channel volume coil for transmission and a standard quadradure head coil for
receiving radiofrequency signals. Scout images in three orthogonal planes were first
acquired for the localization of both MRSI and field mapping images. MRSI data were
acquired using a multi-planar MRSI pulse sequence (25). Image slices were placed in
transaxial planes parallel to the AC-PC (anterior commissure-posterior commissure) line.
The parameters used for data acquisition included: FOV = 24×24 cm2; Number of slices = 4;
Nominal number of phase encoding (PE) steps = 16 × 16 data sampled in an inscribed circle
of diameter of 16 in k-space, producing 180 PEs; Number of signal averages for each PE =
1; Slice thickness = 10 mm with 2 mm spacing. The nominal voxel size was therefore 2.25
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cm3. Repetition time (TR) = 2300 ms; Echo time (TE) = 144 ms; Spectral width = 2000 Hz;
An asymmetric full echo with a longer tail was acquired with 512 complex data points. The
outer volume lipid signal was suppressed using operator-placed saturation bands. Water
suppression was realized by CHESS pulses imbedded in the sequence (26).

Immediately following the MRSI scan, high resolution MR images for field mapping were
acquired using the commercial 3D MRI sequence, “Incoherent Radio Frequency Spoiled
Gradient Echo” (SPGR). The slices of the 3D SPGR image were exactly parallel to those of
the MRSI data. The volume of the 3D SPGR image was slightly larger than that of the
MRSI. The TEs of the two sets of MR images were 8 and 10.5 ms, respectively. Other
imaging parameters for the field mapping MRI sequence included: FOV = 24×24 cm2; Slice
thickness = 2 mm; Spacing = 0; Number of slices = 28; In-plane resolution = 256×256,
Nominal spatial resolution = 1.7 mm3; TR = 20 ms; Flip angle = 110; SW = 15.6 kHz.
Therefore the scan time for an MRI scan was approximately 2.3 minutes. Each MRSI slice
covered 5 high-resolution MRI slices. Without considering the PSF effect, each nominal
MRSI voxel consisted of approximately 1280 nominal high-resolution MRI voxels.

To ensure identical field homogeneity during the one MRSI and two sets of MRI scans,
first-order shimming was performed for the MRSI acquisition, and the same shim values
were retained for the MRI scans. The same parameters were applied in the phantom scans as
in the human scans. We first performed an automated prescan for first-order shimming and
to optimize transmitter and receiver gains. We then destroyed the shimming by manually
changing the shim value in the Y-direction to produce a field with pronounced
inhomogeneity, and then we acquired one set of MRSI data and two sets of MRI data with
these shim values. All k-space data for MRI were saved in complex form, in addition to the
conventional magnitude mode in the DICOM (Digital Imaging and Communications in
Medicine) format, to facilitate generation of the field maps.

A spherical spectroscopy phantom filled with homogenous water solutions of the major
brain metabolites (GE Medical Systems) was used in the phantom study. The labeled
concentration of N-acetylaspartate (NAA), creatine (Cr), and choline (Ch) was 12.5, 10 and
3 mM, respectively. Three healthy adult volunteers participated in the in vivo study. The
protocol was approved by the local Institutional Review Board.

Field Mapping and Lineshape Reconstruction
MR images in the complex format were reconstructed from raw k-space data using a 2D
spatial filter with a Hamming window function followed by a spatial Fourier transform. The
phase unwrapping procedure was performed using a program provided by Dr. S. Peled (27).
For computational efficiency and robustness, however, we used the complex conjugate
multiplication of the paired MR images with differing TEs as the input instead of the
individual images (28). We then converted these unwrapped phase images into field maps
represented by the frequency deviations across the slices.

From these field maps we calculated the lineshape profiles in the voxel matrix of a 2D
MRSI slice, as follows:

1. We synthesized echo signals with the form of  for MRI voxels in an MRI
slice, where {Δfi} were obtained from the field maps according to Eq. [2] and
where {td} began from a negative value synchronized with the beginning of data
acquisition, to form echoes at time point td = 0. This yielded a 3D dataset, with two
spatial dimensions having the same resolution as the high-resolution MRI, and one
spectral dimension having the same spectral resolution as the actual MRSI dataset.
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2. We repeated the above procedure for all MRI slices and added together the datasets
corresponding to an MRSI slice to form a single 3D dataset for each MRSI slice.

3. We multiplied the 3D dataset obtained from step 2 by the term,  where
(knx, kny) is a spatial-frequency vector corresponding to the PE step n and (xi, yi) is
the position vector of the voxel i. Then we summed the products across all voxels
in the FOV (e.g., 256×256 voxels).

4. We repeated the above procedures for all , corresponding to the PE steps in a
real MRSI scan. These procedures provided a computer simulation of the real-
world MRSI scan described in Eq. [1], with resonance frequency f set to 0 and Δf
given by Eq. [2].

5. Just as the same as we did on the MRSI data acquired by the scanner, we performed
a spatial filtering on the simulated k-space data and a half-voxel shift, followed by a
2D spatial Fourier transform. We thus obtained the lineshape profiles for the MRSI.

Spectral Deconvolution
Spectral deconvolution was performed in the time domain based on Eq. [5]. Ideally, this
should eliminate the linebroadening caused by field inhomogeneities to provide spectra with
their natural linewidths. However, the amplitude of the time-domain lineshape profile in the
denominator may decay below the noise level of the signal, thereby amplifying noise, or it
may approach zero at some time points, producing spikes in the deconvolved signal. To
suppress the noise at the ends of the echo, we applied a modified Gaussian-Wiener filtering
window to the signal, yielding the following deconvolution:

[10]

where w(td) is the time domain-modified Gaussian-Wiener window function. The term w(td)
is given as:

[11]

where G is the Gaussian function, α is a scaling constant, KV is defined as (29),

[12]

and σ2 is the noise power calculated by

[13]

The scaling constant α is calculated as α = Lv,max / Sv,max. The widths of the windows were
determined using the linewidths of the original spectra and the linewidths of the objective
spectra. We selected the widths of the windows to be 50–70% of the linewidths of the
original spectra. To eliminate the spikes near zero-crossing points, we replaced the values of
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the denominator in Eq. [10] by 1 when the ratio of sv/Lv larger than 8 (24). We note that
alternative methods, such as QUECC (30), can also be used to suppress the spikes, which is
specially useful for short TE MRSI data.

Data Processing
The measured phantom or human k-space MRSI data were Fourier transformed into the
spatial domain following a Hamming window filtering and a half-voxel shift. We then used
the SVD-based Matrix Pencil Method to remove the water residue in the spectrum of each
voxel (31), because it allows us to eliminate water components without phase distortion. The
resulting signal for voxel V was|sV(td)|. 3D lineshape signals having two spatial dimensions
at the same in-plane resolution as the MRSI and with a single spectral dimension were
constructed from field maps within each MRSI slice, as described above. The resulting
lineshape signal for the voxel V, one in the Nx × Ny matrix, is|LV(td)|.

The spatial MRSI data in the time domain after water removal were submitted to the
deconvolution procedure. Following deconvolution, the time domain data were zero-padded
to either 2048 or 4096 points and then transformed to the frequency domain for further
analysis.

All programs used for implementing SPREAD were written in Matlab® (The MathWorks,
Inc, Natick, MA). The most time-consuming procedure in SPREAD is the reconstruction of
lineshapes from the field maps. For an MRSI slice consisting of 5 field mapping slices
having a 256 × 256 in-plane resolution, the reconstruction of the lineshapes with 512
complex data points for 16 × 16 voxels required approximately 80 seconds on a PC
equipped with a 4G Hz processor.

Evaluation Methods
We evaluated the performance of SPREAD by measuring spectral linewidths and the
asymmetry of spectral lineshapes for the phantom MRS signals before and after application
of SPREAD. We also compared the spectral fitting of in vivo MR spectra before and after
SPREAD.

Spectral Linewidths—Spectral linewidth is a measure of spectral quality. Linewidth in
MRS is conventionally defined as the Full Width at Half Maximum (FWHM), a definition
that suffices when spectral lineshapes are symmetric, such as lineshapes described by
Lorentzian or Gaussian functions. When lineshapes are severely distorted, however, as they
often are for in vivo MR spectra when magnetic fields are highly inhomogeneous, the
FWHM definition is not sufficient. For example, two spectra with the same FWHM may
have quite different linewidths at the base of the spectra, and hence they may have differing
spectral resolutions. We therefore introduce a second definition of spectral linewidth, the
Full Width at the Tenth Maximum (FWTM). We used both FWHM and FWTM to
characterize the spectral linewidth and to evaluate the performance of SPREAD.

Asymmetry of Spectral Lineshape—The asymmetry of spectral lineshape can be
defined in several ways. Herein we define asymmetry as the absolute difference of the left
half and the right half areas of a pure absorption peak (i.e., the real part of a peak of a
perfectly phased complex spectrum, or a peak in a magnitude spectrum if the time domain
data were acquired in the full echo mode), evaluated as a ratio of total peak area:

[14]
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where aL and aR are the left and right half areas, respectively, when dividing the spectral line
from the top of the peak. Therefore, the value of η is 0 for a symmetric peak and 1 for a
completely asymmetric one. This definition has the advantage that the irregular lineshape
distortions on both sides are taken into account. The areas were calculated by numerical
integration of the spectral data using Simpson’s algorithm (32).

Spectral Fitting—Spectral fitting was performed in the frequency domain (FD). Because
the time domain data were acquired in the full echo mode, we used a simplified Voigtian
function to fit the FD spectrum in the magnitude mode, which has a perfect zero phase. The
Voigtian function is the linear combination of Lorentzian and Gaussian lineshapes with a
zero phase:

[15]

[16]

where mP, fP, and WP are the magnitude, frequency, and FWHM of peak P, respectively, {i}
are the data points in the spectrum, and c is the weighting factor for the Lorentzian
lineshape. Spectral parameters, which include the magnitudes, frequencies, linewidths, and
the weighting factors of the Lorentzian and Gaussian portion of the function, were
determined using a non-linear least squares algorithm. Fitted spectral data were
reconstructed from the parameters using Eq. [15] and Eq. [16].

RESULTS
The performance of the lineshape reconstruction based on field mapping was demonstrated
by the spectra of water measured on a spectroscopy phantom, because the concentration of
water is spatially homogenous, and its lineshape was only altered by the spatial variation of
the magnetic field. Field homogeneity was deliberately destroyed in the Y-direction,
producing severe field inhomogeneity in the interface between liquid and air (Fig. 1a).
Consequently, the lineshapes of water in the voxels adjacent to the liquid-air interface were
severely distorted, and linewidths were broadened (Fig. 1b). Note that these lineshapes
cannot be described by Lorentzian, Gaussian, or Voigtian functions, thus posing a challenge
for spectral fitting. The reconstructed lineshapes (Fig. 1c) were identical to those of water
(Fig. 1b), ensuring significant line narrowing and improvement in lineshape using SPREAD
(Fig. 1d).

Further quantitative studies evaluated performance of SPREAD in terms of improvements in
line narrowing and lineshape. As shown in Table 1, the FWHMs of water peaks were
reduced 30–65% (mean± standard deviation (S.D.) = 42±11%), and FWTMs were reduced
3–55% (38±18%). The asymmetries of the peaks were reduced 75–99% (86±7%) (Table 2).
These findings demonstrate the ability of SPREAD to eliminate linebroadening and
lineshape distortion caused by variations of the static magnetic field and differences of in
magnetic field susceptibility.

To demonstrate the effects of SPREAD, we assessed three phantom spectra from voxels in
the regions with poor field homogeneity, in which the peaks of Cr (at 3.04 ppm) and Ch (at
3.24 ppm) severely overlapped and could not otherwise be resolved (Fig. 2). Following the
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application of SPREAD, these two peaks were clearly separated and could be resolved
easily (Fig. 2).

The magnetic field in the human brain is much more inhomogeneous than the field when
using a spectroscopy phantom (Fig. 3). The metabolite spectrum exhibits severe spectral
overlap, lineshape distortion, and linebroadening in regions close to the frontal sinuses (Fig.
4a). Consequently, the severe distortion of lineshape impairs resolution not only of the
overlapping Cr and Ch peaks, but also accurate fitting of the singlet NAA peak (Fig. 5).
Following deconvolution by SPREAD, the adjacent Cr and Ch peaks are well separated,
lineshape distortion is corrected (Fig. 4b), and the spectrum can be more accurately fit (Fig.
5).

DISCUSSION
Our theoretical analysis and experimental findings show that SPREAD improves spectral
resolution both by narrowing the linewidth and by correcting lineshape distortion. Unlike the
strategy for improving spectral resolution that invokes acquiring MRSI data at higher
magnetic field strengths, SPREAD effectively increases the separation between spectral
peaks without increasing their absolute differences in frequency. Our preliminary findings
show that SPREAD can increase spectral resolution by more than 30%. This improvement
in spectral resolution is considerably greater than the improvement provided by increasing
the magnetic field strength from 1.5T to 3T, as the increased linewidth at higher fields can
almost entirely negate the increase in chemical shifts that the higher field strength provides
(5–9). Another advantage of SPREAD over the measuring of MRSI data at higher field
strengths is that SPREAD improves the lineshape of the spectrum (Fig. 4 & Fig. 5), yielding
better agreement between the lineshape-corrected and model-based fitted spectra (Fig. 5).
SPREAD also avoids the greater SAR (specific absorption rate), the more prominent
chemical shift artifacts, and the increase in B1 inhomogeneity that accompanies scanning at
higher field strengths (33).

Nevertheless, scanning at higher field strengths does provide either a moderate increase in
SNR (albeit less than expected based on the theoretical linear relationship of field strength
and SNR) or an increase in spatial resolution for a given SNR, which will in turn also
improve spectral resolution. The use of multichannel coils can improve SNR further, and the
higher SNR can be traded to improve spatial and spectral resolution (34). Of course
SPREAD can also be used to improve the spectral resolution of MRSI data acquired at
higher field strengths, just as it improves data acquired at lower field strengths.

For improving spectral resolution, SPREAD has several advantages over the long-standing
technique that employs spectral deconvolution using measured spectroscopic water signal as
a reference. (1) The lineshape of unsuppressed water signal depends not only on spatial
variation of the magnetic field B0, but also on the distribution of water within the imaging
volume. When multiple tissue types that have differing water content are present within a
single MRS voxel, as is the case at the boundary of gray and white matter in the human
brain, the lineshape of the water signal will differ from the lineshape distortion that is caused
solely by local inhomogeneity of the static magnetic field (17). In this case, using water as a
reference for deconvolution cannot remove linebroadening or lineshape distortion entirely.
SPREAD, in contrast, can eliminate linebroadening and lineshape distortion caused solely
by local field inhomogeneities because its lineshape functions are derived from field maps.
(2) The T2 relaxation time of tissue water is shorter than that of most metabolites and,
therefore, the signal from water decays in the time domain more rapidly than do signals
from tissue metabolites. Consequently, noise amplification and spike artifacts can occur at
both ends of the deconvolved signal, where the water signal can be smaller than the
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metabolite signals. Therefore, the gain in resolution when using water as the reference for
deconvolution can come at the cost of reduced SNR. In contrast, the T2 relaxation time of
the reconstructed lineshape signal is virtually infinite, and the lineshape signal decays slower
than do any metabolite signals, subject only to the errors in field mapping caused by noise in
the MR images. Therefore, noise amplification and spike artifacts can be smaller when using
SPREAD than when using deconvolution with water signal as a reference (24). (3)
Measurement of the internal water signal typically requires acquisition of a water MRSI
dataset in addition to the metabolite data, thereby doubling total MRSI scan time, an often
impractical requirement in most human imaging protocols. Although this increase in scan
time can be avoided by using pulse sequences that interleave the acquisition of metabolite
and water signals (35,36), these sequences are not yet widely available. In contrast, the time
required to obtain field maps that SPREAD needs is only a small portion of the time
required for an MRSI scan. (4) Measurement of the water signal is sensitive to
inhomogeneities in the radiofrequency field, B1, whereas the use of SPREAD is not.

In addition to its use as a reference for deconvolution of lineshape, the measured
spectroscopic signal from water can also be used to derive information about lineshape, and
that information can be incorporated directly into spectral analyses to improve the
quantification of metabolite concentrations (22). SPREAD, in contrast, can be regarded as a
preprocessing step that enhances the resolution and lineshape of FFT-reconstructed MRSI
spectra. These spectra can be analyzed further using other software, such as LCModel (37)
or AMERES (38), or by home-built programs. In this regard, SPREAD is similar to the
approach that incorporates the information of field inhomogeneity into the reconstruction of
MRSI spectra using SLIM (19,20).

The performance of SPREAD in enhancing spectral resolution depends on accurate field
mapping and, therefore, on the accurate reconstruction of the experimental lineshape. The
field in the region of the water-air interface in our phantom experiment was not mapped
accurately (Fig. 1) because field inhomogeneities produced a loss of signal in the MR
images. In addition, errors in field mapping produced small spikes in the reconstructed
lineshapes (Fig. 1). In general, however, acquiring field maps of higher spatial resolution or
higher SNR will improve their accuracy, albeit at the expense of a longer scan time. We
found that the experimental lineshape reconstructed from 10 2D field maps having 1 mm
thickness was not superior to that reconstructed from five field maps of 2 mm thickness,
with the constraint that scan time and in-plane resolution of each slice were identical. The
comparability of the lineshapes of these datasets likely derived from the mitigating effects
that the disadvantage of lower SNR had on the benefits of scanning at higher spatial
resolution. A 3D MRI sequence is preferred for high-resolution field mapping, as it can
generate MR images having higher SNR than in comparable 2D sequences.

Although deconvolution without Wiener filtering can theoretically recover spectra with their
natural linewidths, its performance is vulnerable to the effects of noise and to the zero-
crossing effects at the end of the time domain signal. Our findings show that Gaussian-
Wiener filtering can improve the performance of the deconvolution in terms of suppressing
spike artifacts and reducing noise amplification. If the first few points of the time domain
signal are corrupted by the switching of the Analog-to-Digital Converter, a cosine window
function can be applied to the signal to increase the robustness of SPREAD. Because signals
at the ends of the echo are small, the cosine factor of the windowing function has little effect
on the lineshape of the spectrum following deconvolution. As is true with other time-
domain, deconvolution-based techniques (24), however, filtering reduces noise and spike
artifacts at the expense of spectral resolution. Therefore, improvement in spectral resolution
competes with the effects on SNR when using SPREAD.
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Synchronization of the time domain signals (i.e., aligning the peaks of the echoes) prior to
deconvolution is important to avoid distortion of phase and lineshape in the signal and
reduction in spectral resolution. The position of the peak for each echo should be calculated
from the timing of the pulse sequence and, if needed, it can be adjusted by measuring the
echo of the water signal acquired in a single voxel MRS using the same pulse sequence and
timing, but without phase encoding. Once its position is determined, the corresponding value
of the peak can be used in forming the lineshape signals according to the field maps for all
MRSI data acquired with the same timing parameters.

The distribution of metabolite concentration within the voxel V is not considered in Eq. [8],
in which the lineshape function was derived under the assumption that the spin density

 is constant in V. This assumption is clearly not always true, especially in voxels
consisting of multiple tissue types. In practice, therefore, the lineshape will be a function of
both the field inhomogeneity and the concentrations of metabolites. However, the
contribution of field inhomogeneity to the linewidth and lineshape is dominant, and the
effects of spatial variation in the concentration of metabolites within the voxel are small.
After deconvolution, therefore, the major contribution to the distortion in lineshape that is
caused by field inhomogeneities will be corrected, and the final lineshape, rather than
representing the ideal lineshape, will be concentration–weighted.

SPREAD has additional limitations. The effects of eddy currents on lineshape are not
included in the model and therefore cannot be corrected (16,39). This may limit the
application of SPREAD when using very short TEs, when eddy current effects are
pronounced. This limitation, however, is of little concern when using modern scanners that
are equipped with active shielding and that use the pre-emphasis technique to reduce eddy
currents dramatically. Moreover, QUECC and other techniques can be used to correct for
residual eddy current effects (30). Unlike measuring water signals as a reference for
deconvolution, SPREAD requires phase unwrapping to reconstruct field maps, an additional
post-processing task that is fast and trivial using modern techniques. The method is thus far
implemented only for a standard quadrature coil, however. Finally, SPREAD should be
improved to account for partial volume effects on lineshape reconstruction and to suppress
noise and spike artifacts more optimally. Rigorous and comprehensive evaluations of the
effects of SPREAD on noise and the accuracy of spectral fitting are needed, although these
are beyond the scope of the present report.

In conclusion, we have described a technique that efficiently and effectively enhances the
resolution and lineshapes of MRSI spectra. Its performance using both phantom and in vivo
data was excellent. Although the examples used 1H MRSI data from the human brain
acquired at 3T, we expect that the technique can be applied to MRSI data acquired at other
field strengths and from other nuclei, such as 31P and 13C, and to MRSI data from other
parts of the human body and from other species. As an example, we envision that a dual-
tuned coil will be necessary when applying this method to nuclei (we denote X) other
than 1H, thus the field mapping will be based on 1H MRI. Some fairly trivial modifications
will be required, such as scaling the frequency deviations caused by field inhomogeneities
by the factor γx/γh, where γx and γh are gyromagnetic ratios of X and 1H, respectively.
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Figure 1.
Examples of lineshape reconstruction based on field maps. (a) An example of field maps for
a spherical phantom, with the color bar on the right coding the field strength variation in
Hertz. The magnetic field is highly inhomogeneous at the interface of liquid and air.
Overlaid on the field map is the grid representing the MRSI voxels. (b) These are the
lineshapes of the measured water signals in the voxels within the red square of Fig.1a. (c)
Shown here are the reconstructed lineshapes in the corresponding voxels obtained from the
field maps. The areas of the spectra in the first row in both Fig. 1b and Fig. 1c are
normalized to remove partial volume effects. (d) The spectra following application of
SPREAD (red lines) are shown overlaid with the spectra in Fig. 1b (black lines) for
comparison. The deconvolved spectra are normalized to the peak heights of water. The
width of all spectra is 6.1 ppm, or 781 Hz at 3T.
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Figure 2.
Examples of phantom spectra before and after SPREAD. Before SPREAD (left panel), the
peaks of creatine (Cr) and choline (Ch) overlap to form a single peak with a distorted
lineshape that cannot be resolved. Following SPREAD (right panel), linewidth narrowing
and lineshape correction permit separation of the peaks. Because of severe lineshape
distortion, the residue of water signal was not completely removed using a high-pass filter.
The spectra are in magnitude mode.
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Figure 3.
An example of field mapping in the human brain. The magnetic field in the prefrontal region
is highly inhomogeneous because of its proximity to the frontal sinuses. The red square inset
indicates the matrix of voxels whose spectra are shown in Fig. 4.
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Figure 4.
Application of SPREAD in vivo. (a) In vivo 1H MR spectra from the region shown in Fig. 3,
with the pairs of numbers in parentheses indicating the indexes of the voxels. Peak
assignments are shown in the upper right panel. The quality of some of the spectra is poor in
terms of spectral resolution and lineshape. (b) Following the application of SPREAD,
spectral resolution is enhanced and lineshape is improved.
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Figure 5.
Automatic spectral fitting before and after SPREAD. Because of poor spectral resolution
and distorted lineshape, the peaks of creatine (Cr) and choline (Ch) were not accurately or
correctly detected (note the two peaks near 3.0 ppm in the left panel). The discrepancy of the
measured and fitted peaks for N-acetylaspartate (NAA) caused by lineshape distortion is
obvious. Following the application of SPREAD (right), the Cr and Ch peaks are well
resolved and the measured and fitted peaks agree well compared with spectra before the
application of SPREAD (left).

Dong and Peterson Page 20

J Magn Reson Imaging. Author manuscript; available in PMC 2009 October 16.

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript



N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

N
IH

-PA Author M
anuscript

Dong and Peterson Page 21

Table 1

Spectral linewidths (Hz) in the 16 voxels shown in Fig. 1.

Voxel
Before SPREAD After SPREAD

FWHM FWTM FWHM/ (δ%*) FWTM/ (δ%**)

1 62.50 92.28 22.5/ (64.0) 43.9/ (52.4)

2 62.99 92.28 22.0/ (65.1) 52.2/ (43.4)

3 87.9 115.7 61.0/ (30.6) 112.8/ (2.5)

4 57.1 116.7 39.0/ (31.7) 73.2/ (37.3)

5 92.8 112.3 60.5/ (34.8) 109.4/ (2.6)

6 92.8 113.3 60.0/ (35.3) 110.4/ (2.6)

7 72.8 117.7 38.6/ (47.0) 74.7/ (36.5)

8 47.9 108.9 24.4/ (49.1) 51.7/ (52.5)

9 48.8 101.0 22.0/ (54.9) 42.0/ (58.4)

10 49.3 102.1 24.4/ (50.5) 46.4/ (54.6)

11 43.5 91.8 24.4/ (43.9) 47.4/ (48.4)

12 32.7 68.9 21.5/ (34.3) 41.5/ (39.8)

13 30.3 60.6 20.0/ (33.3) 35.6/ (41.3)

14 31.3 61.5 20.5/ (34.5) 36.6/ (40.5)

15 27.8 56.2 18.0/ (35.3) 32.7/ (41.8)

16 23.0 44.4 16.1/ (30.0) 28.8/ (35.1)

FWHM: Full With at Half Maximum; FWTM: Full Width at Tenth Maximum; δ = (B-A)/B% is the percentage reduction in linewidth

*
The mean (standard deviation) of the δ for FWHM is 42.1% (11.7%)

**
The mean (standard deviation) of the δ for FWTM is 36.9% (18.3%).
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Table 2

Spectral asymmetries in the 16 voxels shown in Fig. 1.

Voxel
Before SPREAD After SPREAD

Asymmetry Asymmetry/ (δ%*)

1 0.7123 0.084/(88.21)

2 0.7326 0.100/ (85.98)

3 0.1876 0.030/ (84.01)

4 0.4229 0.009/(84.01)

5 .3075 0.002/(99.35)

6 .2825 0.013/(95.40)

7 .3776 0.049/(87.02)

8 .4049 0.083/(79.50)

9 .3875 0.081/(79.10)

10 .3601 0.074/(79.45)

11 .3719 0.072/(80.64)

12 .3596 0.088/(75.53)

13 .2557 0.039/(84.75)

14 .2616 0.015/(94.27)

15 .2782 0.028/(89.94)

16 .1987 0.0016/(99.19)

Asymmetry is defined in Equation 12; δ = (B-A)/B% is the percentage of asymmetry

*
The mean (standard deviation) of δ is 86.28% (7.14%).
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