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Abstract
R*2 mapping has important applications in MRI, including functional imaging, tracking of super-
paramagnetic particles, and measurement of tissue iron levels. However, R*2 measurements can
be confounded by several effects, particularly the presence of fat and macroscopic B0 field
variations. Fat introduces additional modulations in the signal. Macroscopic field variations
introduce additional dephasing that results in accelerated signal decay. These effects produce
systematic errors in the resulting R*2 maps and make the estimated R*2 values dependent on the
acquisition parameters. In this study, we develop a complex-reconstruction, confounder-corrected
R*2 mapping technique, which addresses the presence of fat and macroscopic field variations for
both 2D and 3D acquisitions. This technique extends previous chemical shift-encoded methods for
R*2, fat and water mapping by measuring and correcting for the effect of macroscopic field
variations in the acquired signal. The proposed method is tested on several 2D and 3D phantom
and in vivo liver, cardiac, and brain datasets.
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Mapping of R*2 relaxivity (R*2 = 1/T*2) has multiple important applications in MRI,
including blood oxygenation level dependent functional imaging (1–3), detection and
tracking of super-paramagnetic iron oxides (4), and assessment of iron content in brain (5),
heart (6,7), and liver (8,9). R*2 maps can be obtained from rapid acquisitions, such as
spoiled gradient-echo multiecho sequences, which makes this technique particularly
attractive for body imaging applications where motion is an important challenge (8).

However, R*2 mapping is affected by several confounding factors, particularly fat and
macroscopic B0 field variations. In this study, R*2 refers to the intrinsic relaxation
properties of a tissue or sample (at a given field strength), independent of external B0 field
variations and fat content. The presence of fat introduces additional modulations in the
acquired signal (10–12) and can lead to severe bias in R*2 measurements. The presence of
macroscopic B0 field variations introduces additional intravoxel dephasing in the acquired
signal and results in faster signal decay, which can lead to severe overestimation of R*2
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(13), particularly in regions with sharp susceptibility changes (e.g., near tissue/air
interfaces). These confounders generally make R*2 maps highly dependent on the
acquisition parameters. For instance, in the presence of fat the apparent R*2 maps (without
accounting for fat) will depend on the echo time (TE) combination. In the presence of
macroscopic field variations, the apparent R*2 maps will depend heavily on the spatial
resolution (particularly, the slice thickness).

The presence of fat is often addressed by acquiring “in-phase echoes,” where the TEs are
carefully selected, so that the signal from the water peak and the main methylene peak are
in-phase. This approach largely removes the effects of fat but has several inherent
limitations: (a) not all fat peaks are in-phase with water (just the main methylene peak) and
(b) it requires relatively large echo spacings and first TE, which may not be optimal for
measuring large R*2 values (e.g., in the presence of iron). Alternative techniques such as
chemical shift-based fat suppression (or use of spatial-spectral pulses) are sensitive to B0
field inhomogeneities that can be significant in many applications, such as liver and heart
imaging (11,14–17). Other techniques, such as short-tau inversion recovery fat nulling (18),
are effective and can be made insensitive to B0 and B1 inhomogeneities but require the
introduction of additional inversion pulses and result in a significant signal-to-noise ratio
loss (11,16,17). Finally, chemical shift based techniques that perform fat–water separation
and R*2 estimation simultaneously (19,20) have the potential to overcome these limitations,
and they can provide fat-corrected R*2 measurements with good signal-to-noise ratio and
using a wide variety of TE combinations.

Methods for correcting macroscopic field variations typically focus on the through-slice
field variation and often (but not always) assume locally linear variations. These methods
can be classified into two general categories: (a) methods that modify the acquisition to
minimize field variation effects in the data (5,21–29) and (b) methods that correct the data
by postprocessing (4,13,30–32). The first group of methods typically use several images
obtained with higher resolution (or with different refocusing mis-adjustments) along the
largest (slice) direction, which are subsequently magnitude-combined to prevent dephasing
for increasing TEs (5,21,24,26,33). The second group of methods are based on modeling and
correction for the effects of macroscopic field variations by postprocessing. Some of these
methods require an additional, higher-resolution field-mapping acquisition (30,32), whereas
others use a single acquisition to model and correct for field variations (13). Most methods
are based on 2D multislice acquisitions and model the field variation as locally linear (4,13)
or quadratic (32) through the slice. However, these methods do not address the presence of
fat, which can be very abundant in certain organs (e.g., liver and pancreas), and typically
they have been developed for 2D acquisitions under the assumption of ideal (boxcar) slice
profiles (34). In practice, slice profiles often differ significantly from the ideal boxcar
function, which can have a dramatic effect on the signal dephasing and decay introduced by
macroscopic field variations.

In this study, we have developed a method for R*2 mapping in the presence of fat and
macroscopic field variations, for both 2D and 3D acquisitions (34), and accounting for the
effects of nonideal slice profiles (2D) and k-space windowing (3D). The proposed method is
based on a chemical shift-encoded acquisition with short echo spacings, to allow fat–water
separation in addition to R*2 mapping. Because this acquisition also can be used to obtain a
B0 field map, we measure the B0 field and correct for the effects of macroscopic field
variations to obtain R*2 maps that are independent of the acquisition parameters. The
following sections include the mathematical derivation of the proposed method for 2D and
3D acquisitions, a description of the experimental methods, phantom and in vivo results, and
a discussion of the properties and limitations of the method.
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THEORY
Characterizing the Effects of B0 Variations

The signal obtained in a multiecho spoiled gradient-echo acquisition with TE “t” at location
r0, in the presence of fat and water as well as macroscopic B0 field variation, can be
modeled as:

[1]

where ρW(r) and ρF(r) are the water and fat amplitudes, respectively,

 is the fat signal model, consisting of multiple spectral peaks with

relative amplitudes αm (normalized such that ), and frequencies fF,m (19,35–37),
R*2(r) is the spatial distribution of R*2 = 1/T*2 (assumed common for water and fat, i.e., a
“single-R*2” model; Refs. 19,20,38, and 39),  is the magnetic field offset (in Hz),
and SRF(r – r0) is the spatial response function (SRF) of a voxel centered at r0.

The SRF is, analogously to the point-spread function, a weighting function describing the
influence of each spatial location on the current voxel. For example, in a 2D acquisition with
ideal slice selection, the SRF along the slice direction is a boxcar function. Along Fourier-
encoded directions in Cartesian acquisitions (in-plane directions for 2D acquisitions; all
three directions for 3D acquisitions), the SRF is a sinc-like function (40,41). Parallel
imaging effects on the SRF are not considered in this study (41).

If the magnetic field ΔB0(r) varies slowly relative to the imaging resolution, it can be
considered approximately constant over each voxel and the signal model in Eq. 1 can be
reduced to the usual fat–water imaging signal model (including R*2 and spectral modeling
of fat). If ΔB0(r) varies extremely rapidly, or the readout bandwidth is very low, the images
will contain significant distortions. Note that the signal model in Eq. 1 does not include
these distortions (it assumes that the slice-select and readout bandwidths are high enough
that these effects can be neglected). For instance, in this study, the fat chemical shift artifact
(for the main fat peak) typically results in a displacement of <1/3 voxel along the readout
dimension.

Frequently in MR acquisitions, the spatial resolution is significantly coarser along one
dimension (through-slice), compared with the remaining two dimensions (in-plane). In this
case, the signal model in Eq. 1 can be simplified as:

[2]

where the spatial dependence of all parameters has been removed for the in-plane
dimensions. The signal modulation effects introduced by background field gradients, and
characterized by the SRF, depend on the type of acquisition (2D or 3D). These effects will
be analyzed next.

2D Multislice Acquisitions—For 2D acquisitions with linear through-slice field
variation ΔB0(z) = ΔB0(z0) + G[z − z0] and given slice profile SRF(z), we can assume
ρW(z), ρF(z) and R*2(z) to be constant through the slice. Then, Eq. 2 becomes:

[3]
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where z0 is the center of the slice and the integral can be evaluated over the support of the
SRF (the locations where the SRF is nonzero). Therefore, the signal in Eq. 3 is modeled as
the standard R*2-corrected fat–water signal model (19), modulated by the term

, which accounts for accelerated signal decay due to
macroscopic field variation. This integral term can easily be calculated numerically, for a
given SRF and field gradient G along the z direction. In the case of an ideal slice profile
(SRF is a boxcar function), Eq. 3 becomes (13):

[4]

[5]

In the ideal slice profile case, the fat–water signal model is modulated by the term
, which will decay faster for larger field gradients or thicker slices (see Fig. 1,

first row).

In practice, it is very difficult to obtain slice profiles close to the ideal boxcar profile,
because of the long radio-frequency pulses that would be required. Nonideal slice profiles
will not result in a sinc modulation of the acquired signal. In general, there will not be a
closed-form expression for the modulation term, but it can be calculated easily by numerical
integration (see Eq. 3), given a particular slice profile (obtained by calibration or by Bloch
simulation). Figure 1 (second row) shows an example of the signal modulation in 2D
imaging with an example nonideal slice profile. Figure 1 (top two rows) shows the different
signal behavior in the presence of macroscopic field variations, as a function of the slice
profile. This clearly demonstrates the need for accounting for accurate slice profiles for
corrected R*2 measurements. This effect will be analyzed experimentally using phantom
data.

3D Acquisitions—In 3D imaging, the “slice” (z) dimension is also often acquired with
coarser spatial resolution compared to the in-plane dimensions. For instance, this is usually
needed in 3D liver acquisitions (42), to provide whole-liver coverage with fat–water
separation and R*2 mapping in a single breath-hold. For 3D acquisitions, the SRF is a sinc-
like function with broad spatial support (as opposed to the narrower SRF in 2D
experiments). For this reason, we model the parameters ρW and ρF as piecewise linear over
several lobes of the SRF, while maintaining the fat fraction constant (i.e., overall signal
amplitude a(z) = ρW(z) + ρF(z) piecewise linear over the SRF), R*2 constant, and field
inhomogeneity ΔB0(z) locally modeled as a low-order polynomial. With these
approximations, Eq. 2 can be expressed as follows:

[6]

i.e., the signal is modeled as the standard R*2-corrected fat–water signal model (19),

modulated by the term , analogously to the 2D
case. In this study, a third-order polynomial is used to model field variations, and the
modulation term is calculated numerically by integrating over several lobes of the SRF (see
Fig. 1). The term a(z) is approximated by a piecewise linear function using the amplitude of
the normalized signals (sum of fat and water, normalized to the signal at z0) estimated from
an initial fat–water separation (uncorrected for macroscopic field variations). The
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assumption of a constant fat fraction is made for simplicity and may be a limitation in
regions of rapidly varying fat fraction.

For 3D acquisitions, the signal modulation due to B0 variations is more complicated than in
the 2D case because of the broad spatial support of the SRF (i.e., the SRF has lobes
extending much farther away than typical 2D acquisitions with the same nominal
resolution). This makes the modulation in 3D acquisitions dependent on the location of the
slice. For instance, it is possible to have a voxel with significant field variation but without
additional decay (because the modulation can be nearly flat until a given TE is reached).
However, this is not the case for slices near the edge of an object, e.g., near the dome of the
liver (see Fig. 1). This should be taken into account when performing R*2 measurements.

Additionally, k-space filtering (windowing) is often applied in practice to remove Gibbs
ringing and improve signal-to-noise ratio. These improvements come at the cost of a loss of
spatial resolution and a change in the SRF (typically wider main lobe and reduced side
lobes). Analogously to the 2D case, this change in SRF results in different signal behavior in
the presence of background field gradients (see Fig. 1, bottom row). Fortunately, the effects
of k-space windowing can be incorporated into the proposed method by including
windowing into the SRF (by convolving the original 3D SRF with the appropriate image-
domain filter corresponding to the k-space window used). The 3D data used in this study has
been k-space windowed using a modified Tukey window (43).

In-Plane Field Variations—Macroscopic field variations along the in-plane directions
can be accounted for similar to the “z” direction in 3D acquisitions, including the application
of k-space windowing. However, in-plane spatial resolution is typically significantly higher
than in through-slice directions. Thus, signal modulations due to in-plane field variations are
typically much smaller than those along the “z” direction. For simplicity, this study focuses
on field variations along the “z” direction.

Correcting for B0 Field Variations
The proposed method can be summarized as follows (see Fig. 2):

1. Perform initial fat–water separation with R*2 and B0 field map estimation (19,44).
Note that the R*2 and B0 maps calculated in this step will be corrected for the
presence of fat (as fat is included in the signal model).

2. At each voxel, compute the field variation along the slice direction based on the B0
field map, and estimate the signal modulation due to macroscopic field variations.

3. Given the signal modulation at each voxel, re-estimate the unknown parameters
(ρW, ρF, ΔB0, and R*2) by least-squares data fitting using the corrected signal
model (Eqs. 3 and 6 in 2D and 3D, respectively).

Least-squares fitting can be performed using a modified Levenberg–Marquardt algorithm
(“lsqnonlin” in Matlab). In this study, we include the modulation due to field variations in
the signal model during parameter estimation (step 3), rather than “removing” this
modulation from the data (dividing the acquired signal by the estimated modulation). In the
presence of significant additional decay (i.e., if the modulation term approaches zero for
later TEs), removing the modulation would result in significant noise amplification in the
later echoes, which is avoided by simply including the modulation in the signal model and
least-squares fitting the original data.
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MATERIALS AND METHODS
Phantom Experiments

Phantom experiments were performed on a large cylindrical water phantom doped with
CuSO4, at 1.5T (Signa HDxt, GE Healthcare, Waukesha, WI) using a single-channel head
coil. Phantom acquisitions were performed using investigational versions of a spoiled
gradient-echo multiecho sequence with monopolar readout and flyback gradients, both in 2D
(45) and in 3D (42). 3D acquisitions used a modified Tukey k-space window performed
before Fourier transform in the slice direction (43).

Acquisition parameters for 2D imaging included: 16 echoes, TEmin = 1.8 ms, ΔTE = 2.5 ms,
axial plane, readout direction R/L, matrix size 192 × 144, slice thickness 10 mm five slices,
flip angle = 10°, pulse repetition time (TR) = 66 ms, BW = ±62.5 kHz.

Acquisition parameters for 3D imaging included: 16 echoes, TEmin = 1.5 ms, ΔTE = 2.6 ms,
axial plane, readout direction R/L, matrix size 192×144, slice thickness 10 mm, 32 slices,
flip angle = 10°, TR data = 60.6 ms, BW = ±62.5 kHz.

Phantom were obtained multiple times, in the presence of purposefully applied B0 gradients
along the slice direction. These were applied using the system's linear shim gradients, and
were increased monotonically from 0 to ~ 4.5 Hz mm−1, which covers the range of gradients
we have observed in vivo in typical liver acquisitions.

Uncorrected R*2 measurements from phantom data were performed twice, using all 16 and
the first 6 echoes, respectively, to evaluate the dependence of uncorrected measurements on
the acquisition parameters.

In Vivo Experiments
Subjects were scanned after obtaining informed written consent and with approval of the
local Institutional Review Board. In vivo experiments were performed at 1.5 and 3.0T (GE
Healthcare, Waukesha, WI), using an eight-channel phased array cardiac coil, eight-channel
body phased array coil, or eight-channel head coil. In vivo imaging used the same multiecho
spoiled gradient-echo sequences (2D and 3D) used in the phantom experiments. Multicoil
data were combined prior to fat–water separation using the eigenvector filter method
described by Walsh et al. (46).

Liver 2D imaging was performed at 1.5T with six echoes, TEmin = 1.44 ms, ΔTE = 1.84 ms
(45). Other acquisition parameters included: axial plane, readout direction R/L, matrix size
256 × 128, slice thickness 6 and 10 mm, 11 slices, flip angle = 15°, TR = 22.5 ms, BW =
±125 kHz, scan time 24 s. Acquisitions were obtained with different slice thicknesses (6 and
10 mm) to evaluate the impact of slice thickness on uncorrected and corrected R*2
measurements.

Liver 3D imaging was performed at 1.5 and 3.0T with six echoes, TEmin = 1.2 ms, ΔTE =
2.0 ms (1.5T), TEmin = 1.2 ms, ΔTE = 1.0 ms (3.0T using interleaved readout). Other
acquisition parameters included: axial plane, readout direction R/L, matrix size 256 ± 128,
slice thickness 10 mm, 24–28 slices, flip angle = 5°, TR 8–14 ms, BW = ±125 kHz, scan
time 20 s.

Brain 3D data were acquired at 3.0 T with 12 echoes using two interleaved echo trains, with
overall TEmin = 1.7 ms, ΔTE = 1.4 ms. Other acquisition parameters included: axial plane,
readout direction A/P, matrix size 256 × 256, slice thickness 3 mm, 44 slices, flip angle 11°,
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TR = 20.6 ms, scan time 5 min 16 s. Brain data were using the same fat–water model for
simplicity, although in practice a fat component is not needed in most brain tissues.

Cardiac 2D acquisitions were performed at 1.5 T with eight echoes, TEmin = 1.61 ms, ΔTE
1.86 ms, acquiring a single slice per breath-hold. Other acquisition parameters included:
short-axis view, matrix size 192 × 192, slice thickness 8 mm, eight slices, flip angle 20°, TR
= 18 ms, BW = ±100 kHz, scan time 21 s per slice.

RESULTS
Phantom

Phantom results from 2D and 3D acquisitions in the presence of varying field gradients are
shown in Fig. 3. The R*2 values in the absence of significant field gradients is 11 s−1 for
both acquisitions. For increasing field gradients, the standard (uncorrected) R*2
measurements increase monotonically, up to nearly 120 s−1 (2D) and 180 s−1 (3D). For the
2D acquisition, Fig. 3 (top) also shows the corrected measurements under the assumption of
ideal slice profiles. Note how these have smaller errors than the uncorrected measurements
but still increase monotonically with increasing field gradients, up to nearly 50 s−1 for the
largest gradient. Finally, the corrected measurements accounting for the nonideal slice
profile (calculated from the radiofrequency pulse by Bloch simulation) appear nearly flat for
varying field gradients, with a maximum error no greater than 4 s−1.

Along with the uncorrected measurements, the 3D acquisition (Fig. 3, bottom) also shows
the corrected measurements under the assumption of unfiltered k-space data. These still have
large errors, with estimates reaching nearly 120 s−1. The corrected measurements accounting
for k-space windowing have much reduced variability in the presence of varying field
gradients, with a maximum error of 4 s−1.

Figure 4 shows the corresponding fat fraction measurement results for 2D and 3D
acquisitions, comparing the uncorrected method using 16 and 6 echoes and the corrected
method using 16 echoes. Fat fraction estimates are less affected by macroscopic field
variations, compared to R*2 estimates, but errors also appear for very rapid field variations.
Note that these errors are dependent on the choice of acquisition parameters (e.g., TE
combination).

In vivo
Figure 5 shows liver R*2 measurements from a 2D multislice acquisition. As the slices
approach the dome of the liver, field variations become more severe (due to susceptibility
effects near the interface between the liver and the adjacent lung), and uncorrected R*2
measurements appear artifactually high (20 s−1 overestimation). Corrected R*2 values
(accounting for the nonideal slice profile) largely correct this overestimation.

Figures 6 and 7 show liver R*2 measurements from two different subjects using 3D
acquisitions at 1.5 T. Figure 8 shows results from liver 3D acquisitions at 3.0 T. As the
slices approach the dome of the liver, field variations become more severe, and uncorrected
R*2 measurements appear artifactually high (e.g., 40 s–1 overestimation). Corrected R*2
values (accounting for k-space windowing) largely correct this overestimation. Incomplete
correction of R*2 measurements appears near the edges of the liver for some slices
approaching the dome of the liver. This is likely due to in-plane field variations (not
corrected in this study), and/or significantly nonlinear spatial variation of the B0 field at
these locations.
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Figures 7 and 8 also show the corresponding fat fraction maps. Note that in these cases, the
fat fraction remains nearly unperturbed in the presence of field variations and R*2 errors,
and both corrected and uncorrected methods produce similar estimates. For the relatively
short TEs used in our liver acquisitions, the observed macroscopic field variations (typically
< 3 Hz mm−1) introduce an additional signal decay that can be accurately captured by an
increased apparent R*2 (thus introducing moderate fat quantification errors, as opposed to
the phantom experiments with longer echo trains and more extreme field variations).

Figure 9 shows results from a 3D brain acquisition at 3.0 T, with 3 mm slices. Rapid field
variations occur near the sinuses, which lead to errors in the apparent (uncorrected) R*2
values. Corrected R*2 values are in better agreement with literature values (13,47). In
cardiac imaging (Fig. 10), rapid field variations appear, due to susceptibility variations near
the heart/lung interface (48) or near large epicardial veins (49). Corrected R*2 values show
improved homogeneity.

DISCUSSION
R*2 quantification has many important applications in MRI, including blood oxygenation
level dependent imaging, super-paramagnetic iron oxide tracking and iron quantification.
However, its use is complicated by the presence of several confounders, specifically fat and
macroscopic B0 variations. These confounders introduce errors in R*2 measurements and
make the measurements dependent on acquisition parameters such as the TE combination
and spatial resolution. For instance, in the context of liver R*2 mapping for iron
quantification, macroscopic field variations often lead to overestimations of 20–40 s−1 in
regions of severe susceptibility effects, which can result in R*2 values clearly below the
abnormal threshold (nearly 60 s−1 for a 30-year-old subject at 1.5 T (8)) to appear as above
the threshold. In this study, we have developed a confounder-corrected R*2 mapping
technique, by extending a previous fat-corrected method to also correct for the effects of B0
variations.

In 2D acquisitions, confounder-corrected R*2 mapping is feasible. Note that multislice
acquisitions are needed to model and correct through-slice field variations. Additionally,
confounder-corrected R*2 mapping requires accounting for the slice profile, because the
signal dephasing behavior, in the presence of field variations, depends heavily on the
distribution of resonances present (not just on the nominal slice thickness). Arbitrary slice
profiles do not lend themselves to a closed-form solution for the signal modulation in the
presence of background field gradients, but this modulation can be easily calculated, given
the slice profile, based on a simple numerical integration.

In 3D acquisitions, confounder-corrected R*2 mapping is also feasible. An additional
challenge in 3D acquisitions is the broad support of the SRF (sinc-like), which makes the
modeling assumptions (e.g., locally smooth variation of the B0 field) more stringent. In 3D
imaging, it is also necessary to account for k-space filtering (windowing), which affects the
SRF (typically broadening the main lobe and reducing the sidelobes). This is analogous to
the need to account for nonideal slice profiles in 2D acquisitions. One question that has not
been addressed in this study is whether k-space filtering prior to susceptibility-corrected R*2
mapping is advantageous (due to the reduced influence of sidelobes, which complicate
modeling of field variations).

Correction for background field variations is likely not necessary if the acquisition is
performed with sufficiently high resolution relative to the field variations (33). For instance,
for 2D six-echo acquisitions with TEmin 1.2 ms, ΔTE = 2.0 ms, in the presence of the B0
gradients considered in Fig. 1 (maximum gradient 4 Hz mm−1), acquiring slices with
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thickness as 10, 5, and 2.5 mm would result in worst-case R*2 errors of nearly 58, 16, and 4
s−1, respectively. However, increasing resolution results in reduced signal-to-noise ratio and/
or increased acquisition time, which may not be feasible in many applications, particularly
in body MR imaging where imaging often needs to be performed within a single breath-
hold.

Correction is possible in principle, assuming we can model the modulation, based on either
its different shape relative to the exponential R*2 decay or its anticipated values based on the
measured field map (which can be measured from the data itself). Correction based on a
measured field map, as performed in this study, relies on the field map being accurate. In our
experience, this will be a good assumption if the intravoxel field variation is approximately
linear (50). In the presence of large higher order variation terms, field map errors may occur,
leading to incomplete correction of R*2 measurements. In this case, an iterative technique
may be advantageous, where the field map itself is refined accounting for macroscopic field
variations.

Because the signal modulation due to background field gradients is in general
nonexponential, errors in uncorrected R*2 measurements will also depend on the choice of
TE combination. For instance, shorter TEs seem to be less affected by field variations,
particularly in 3D acquisitions (see Fig. 1). However, optimization of TE combinations for
confounder-corrected R*2 mapping is beyond the scope of this study.

Another consequence of the nonexponential signal decay introduced by macroscopic field
variations is that they could potentially affect fat quantification results (where the R*2 effect
is modeled as an exponential decay; Ref. 31). In practice, fat quantification errors appear to
be generally moderate. This effect is dependent on the choice of TE combination and the
amount of macroscopic field variation over a voxel. In cases of very rapid field variations,
this raises the question of whether magnitude-fitting or complex-fitting fat quantification
methods will be more affected by the presence of macroscopic field variations (because
these tend to affect mostly the signal magnitude). A full characterization of the effects of
macroscopic field variations on fat quantification is also beyond the scope of this article.

In this study, we have focused on single-R*2 models (where the water and all fat peaks share
the same decay rate R*2). The proposed correction method can also be applied to dual-R*2
methods (20,51,52), or hybrid methods where the R*2 decay rates of fat and water are
assumed different, but this difference is known a priori (20). However, dual-R*2 signal
models result in greatly increased noise amplification, so their practical utility is still unclear
(39,53). Note that methods that acquire in-phase echoes also implicitly assume a single-R*2
decay model.

A limitation of the proposed method is that it uses a locally smooth model for B0 variations
(32). In regions of very severe susceptibility-induced field variation (with significant higher
order terms in the B0 field variation), it is still advantageous to acquire thinner slices, which
result in reduced susceptibility effects and allow better approximation by a low-order
polynomial model of B0. Also, this study focuses on through-slice field variations,
excluding in-plane field variations from the correction. This is typically appropriate for axial
acquisitions. In sagittal or coronal acquisitions, it is unclear whether additional in-plane
correction will also be required. Potentially, in the general case, it may be necessary to
evaluate the field gradients in-plane and through-slice and assess the need to include in-
plane correction.

Another limitation of this study is the absence of a reference standard for R*2. Thus, we
place the focus on robustness: obtaining the same estimates even if we image under different
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conditions: different slice thicknesses (Fig. 5), or in the presence of larger macroscopic field
variations (Fig. 3).

CONCLUSIONS
In this study, we have presented a novel method for confounder-corrected R*2 mapping. The
method has been developed for 2D and 3D acquisitions, and its performance has been
demonstrated using phantom and in vivo liver, cardiac, and brain datasets. The proposed
method should prove useful for applications where current R*2 mapping techniques are
limited in their robustness by the presence of fat and background field variations.
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FIG. 1.
Signal modulation in 2D and 3D acquisitions with 10 mm resolution in the slice direction, in
the presence of a linearly varying B0 field. (Left) The true signal amplitude is a broad boxcar
(resembling a large homogeneous object). The spatial response function is shown for five
different imaging scenarios: 2D with ideal slice profile, 2D with nonideal profile, 3D (no k-
space windowing, and slice away from object edge), 3D (no k-space windowing and slice
near object edge), and 3D (with k-space windowing). (Right) Corresponding signal
modulation for several different values of the B0 gradient (from 0 to 4 Hz mm−1).
Macroscopic field variations introduce additional signal modulations, which are heavily
dependent on the details of the acquisition (e.g., 2D vs. 3D, slice profile) and reconstruction
(e.g., k-space windowing).
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FIG. 2.
Schematic view of the proposed method.
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FIG. 3.
Phantom R*2 measured in 2D and 3D acquisitions, in the presence of a linearly varying B0
field. If uncorrected, macroscopic field variations lead to large errors in R*2 estimation.
Note the importance of accounting for the acquisition (slice profile in 2D experiments) and
reconstruction parameters (k-space windowing along the z direction in 3D experiments).
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FIG. 4.
Fat fractions measured on a water-only phantom (fat fraction = 0%) in 2D and 3D
acquisitions, in the presence of a linearly varying B0 field. The results show the uncorrected
measures using all 16 echoes, as well as using only the first six echoes, and the corrected
measures using all 16 echoes. Fat fractions are less affected than R*2 by macroscopic field
variations. However, very large field gradients can still introduce errors in fat fraction
measurement. Note the dependence of apparent fat fraction on the choice of TE
combination, in the presence of very large field gradients.
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FIG. 5.
Liver R*2 maps from a healthy volunteer, obtained using a 2D acquisition with 10-mm
slices. (Left) Uncorrected. (Right) Corrected. Average R*2 was measured from the area
inside the yellow dots (the same region-of-interest was measured in all slices for both
reconstructions). Note the increase in apparent (uncorrected) R*2 values as slices approach
the dome of the liver. Susceptibility-corrected R*2 remains nearly constant throughout all
slices.
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FIG. 6.
Liver R*2 maps from a healthy volunteer, obtained using a 3D acquisition with 10-mm
slices. (Left) Uncorrected. (Right) Corrected. Note the increase in apparent (uncorrected)
R*2 values as slices approach the dome of the liver. Susceptibility-corrected R*2 remains
nearly constant throughout all slices.
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FIG. 7.
Liver R*2 and fat fraction maps from a patient with high liver fat, obtained using a 3D
acquisition with 10 mm slices. R*2 maps are affected by macroscopic field variations, which
is largely corrected using the proposed technique. However, in this case, fat fraction
measures appear almost constant even in the presence of field variations and require no
correction.
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FIG. 8.
3 T results: liver R*2 and fat fraction maps from a patient with high liver fat, obtained using
a 3D acquisition with 8 mm slices. R*2 maps are affected by macroscopic field variations,
which is largely corrected using the proposed technique. Fat fraction measures are less
sensitive to macroscopic field variations.
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FIG. 9.
Brain R*2 maps from 3D acquisition at 3 T. (Left) Uncorrected. (Right) Corrected.
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FIG. 10.
Cardiac R*2 maps from 2D acquisition at 1.5 T. (Left) Uncorrected. (Right) Corrected.
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