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Detection of Subnanotesla Oscillatory Magnetic
Fields Using MRI
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Purpose: Direct mapping of neuronal currents using MRI
would have fundamental impacts on brain functional imaging.
Previous reports indicated that the stimulus-induced rotary

saturation (SIRS) mechanism had the best potential of direct
detection of neural oscillations; however, it lacked the high-

sensitivity level needed. In this study, a novel strategy is pro-
posed in an effort to improve the detection sensitivity.
Methods: In our modified SIRS sequence, an external oscilla-

tory magnetic field is used as the excitation pulse in place of
the standard 90-degree excitation pulse. This approach could

potentially lead to tens or even hundreds times of enhance-
ment in the detection sensitivity for low field signals. It also
helps to lower the physiological noise, allows for shorter pulse

repetition time, and is less affected by the blood oxygen level.
Results: We demonstrate that a 100-Hz oscillatory magnetic

field with magnitude as low as 0.25 nanotesla generated in a cur-
rent loop can be robustly detected using a 3-Tesla MRI scanner.
Conclusion: The modified SIRS sequence offers higher detec-

tion sensitivity as well as several additional advantages. These
promising results suggest that the direct detection of neural
oscillation might be within the grasp of the current MRI tech-

nology. Magn Reson Med 75:519–526, 2016. VC 2015 Wiley
Periodicals, Inc.
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INTRODUCTION

Functional magnetic resonance imaging (fMRI) is one of
the leading research tools for noninvasive imaging of brain
activity. Conventional fMRI, based on the blood oxygen

level-dependent (BOLD) mechanism, only detects neural
activation indirectly through neurovascular coupling; con-
sequently, it is limited in its spatial and temporal resolu-
tions. To overcome this limitation, efforts have been
devoted to develop alternative fMRI mechanisms that are
independent of cerebral hemodynamics (1). One promising
approach is the neuronal current MRI (ncMRI) (2), in
which the small neuronal magnetic field (NMF) produced
by the electrical currents generated during neural activa-
tions is detected by an MRI scanner. Whereas phantom
studies yielded encouraging results (3–5), in vivo studies
only produced inconclusive and mixed results (6–15), leav-
ing the feasibility of in vivo ncMRI an issue for debate.

Most previous in vivo ncMRI studies that were aimed at
detecting evoked potentials were based on a phase-shift
approach in which a direct current distribution (and the
consequent NMF) is induced by sensory stimulation, and
the MRI acquisition window is carefully aligned with the
duration of the current such that a phase shift is produced
in the precession of the nuclear spin. Depending on the
geometry and alignment of the local neurons, the net effect
of the NMF on the MR signal at the voxel level can be
either a phase shift, a reduction in the magnitude, or both
(16). Whereas the evoked potentials can be easily pre-
dicted and their timing can be controlled, their magnitude
is very low. The NMF caused by evoked potentials has
been estimated to be 0.1 to 1 nanotesla (nT) (3), mainly
due to postsynaptic activity, making its detection with
ncMRI an extremely challenging task (8,11,12,17).

A more likely target for ncMRI detection might be the

spontaneous neural oscillation, which is known to produce

larger NMF than that from an evoked potential. For exam-

ple, the strongest type of neural oscillation, the alpha activ-

ity, produces an equivalent current dipole of �100 nano

ampere meters (nAm), whereas typically evoked potentials

produce current dipoles of �10 nAm (18). In addition,

neural oscillations in different frequency bands are known

to be associated with a number of important perceptual

and cognitive functions (19–24). Thus, being able to detect

such activates with ncMRI would provide great utility.

The phase-shift ncMRI technique can only be used to

detect an oscillatory field within or below the alpha

band because it is limited by the minimum achievable

repetition time (TR). Efforts to improve sensitivity have

led to mixed findings (9,11). Therefore, an alternative

ncMRI technique for detecting such rapidly varying

fields is desirable.
To directly detect the field produced by an alternating

current with MRI, Kraus et al. (25) previously proposed
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a different approach employing an ultralow field com-
bined with a superconducting quantum interference
device (SQUID) (26) and demonstrated successful in-
phantom experiments. In their acquisition scheme, the
sample was prepolarized with a separate field (� 40 mT)
before it was placed in an ultralow field (� 97 mT) and
an oscillatory field. The latter field was used to mimic
the oscillatory neural field and was positioned orthogo-
nal to the ultralow field. When the Larmor frequency of
the ultralow field matches the frequency of the neural
field, a resonance condition occurs that serves to tilt the
initial magnetization. Although this method offers sev-
eral advantages, it requires the use of a SQUID detector
and a prepolarizing device. It also suffers from the low-
detection sensitivity intrinsic to low-field imaging.

Based on Kraus et al.’s approach (25), Witzel et al.
cleverly employed a long spin-lock pulse to effectively
lower the Larmor frequency in the doubly rotating frame
to below 100 Hz on a commercial MRI scanner and dem-
onstrated its effectiveness in phantom studies (27). The
authors named this approach the stimulus-induced
rotary saturation (SIRS) mechanism. Halpern-Manners

et al. later improved on this method by incorporating
ramped and phase-modulated spin-lock pulses (28). In
the SIRS method (illustrated in Figure 1; see figure cap-
tion for more details), the net magnetization M (Fig. 1a)
is first flipped into the transverse plane, and a spin-lock
pulse BSL is applied in the same direction as M for a
duration of TSL (Fig. 1b). The magnitude of BSL is care-
fully tuned so that its Larmor frequency matches the fre-
quency of the oscillatory neural field of interest.
Consequently, a resonance condition occurs and M is
coherently rotated away from the spin-lock direction by
a small angle, giving rise to the signal contrast (Fig. 1c).
At the end of the spin-lock pulse, M is flipped back to
the longitudinal direction, and the reduction in the lon-
gitudinal magnetization Mz provides the signal contrast
for subsequent imaging (Fig. 1d).

In the present study, we seek to improve the sensitiv-
ity of the SIRS mechanism by using a modified sequence
involving an oscillatory stimulus BN. The stimulus-
induced rotation causes M to deviate from its equilib-
rium direction by an angle of u ¼ gBNTSL

2 , where g is the
gyromagnetic ratio and BN is the amplitude of the

FIG. 1. Evolution of the net magnetization under the influence of an oscillating field BN during the SIRS pulse sequence. (a) In the rotat-
ing frame x’y’z, the net magnetization M initially lies along the direction of B0. (b) M is then flipped into the y’ direction with a 90-degree
pulse, and a continuous spin-lock pulse BSL is applied in the same direction to prevent spin dispersion. The magnitude of BSL is

matched with the frequency of the oscillatory neural field of interest BN. BN can be decomposed into two rotating vectors with the same
frequency and opposite directions. (c) It is now more convenient to visualize the spin evolution in a doubly rotating frame (denoted as
x’’y’z’’), which rotates simultaneously at a frequency of B0

g
around z and at a frequency of BSL

g
around y’. In this frame, one of the compo-

nents of BN appears stationary and serves to rotate M away from the spin-lock direction y’ by a small angle. (d) At the end of BSL, M is
flipped back to the longitudinal direction, and the reduction in Mz provides the signal contrast.
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oscillatory neural field. In the original SIRS approach, the
reduction in Mz is used as contrast, which is proportional
to 1� cos u � u2

2 . The buildup of magnetization in the
transverse plane, Mxy, is removed with a crusher gradient
pulse. However, the magnitude of Mxy is proportional to
sin u � u, which is much larger than u2

2 , given that u is
usually a very small angle. For example, assuming an
oscillatory field BN of 1 nT, and TSL ¼ 200 ms, using u

instead of u2

2 represents a 37-fold increase in the contrast.
Therefore, we propose to use Mxy instead of Mz as the
signal source for the subsequent imaging. This is realized
by placing an EPI readout immediately after the prepara-
tion pulses, which included a 90�þx pulse, a long spin-
lock pulse BSL;þy, and a 90��x pulse. No excitation pulse
is needed because the transverse magnetization is created
by the SIRS effect. In this regard, the present approach is
similar to the previous, ultralow field approach (25).

METHODS

Phantom

A single loop coil with a 2.5-cm diameter (Fig. 2) was
used to produce an oscillating magnetic field. The coil
was made of 26-gauge copper wire coated with an insu-
lation layer. The field strength that is reported in the
Results section was calculated at the center of the coil.
Oscillatory currents were produced using a high-speed
function generator (EW-26864-20, Cole-Parmer, Vernon
Hills, IL). The coil was placed at the center of a plastic
tube filled with 3.0-mM NiCl2 solution. The T1 and T2

constants of the phantom were measured to be � 450 ms

and � 325 ms, respectively. The phantom was posi-
tioned in the scanner such that the plane of the coil was
perpendicular to B0. Therefore, the magnetic field in the
plane of the coil was parallel with B0. The longitudinal
and transverse relaxation time in the rotating frame T1r

and T2r were measured using methods described previ-
ously (29,30).

ncMRI Acquisition

The ncMRI scans were performed on a 3-Tesla (3T) Philips
Achieva scanner (Philips Healthcare, The Netherlands)
with an eight-channel sensitivity-encoding head coil. The
modified SIRS sequence with the simple spin-lock scheme
(90�þx�BSL;þy�90��x) was found to produce severe image
artifacts due to the field inhomogeneity ðDB0Þ in the main
magnetic field; hence, a modified DB0-insensitive sequence
(28,31) was used for imaging, which consisted of five prep-
aration pulses (90�þx�BSL;þy�180�þy�BSL;�y�90��x). The
acquisition sequence is illustrated in Figure 3. The prepara-
tion pulses served to encode the external oscillatory field
and were followed by a gradient echo–echo planar imaging
readout. A 180-degree RF pulse sandwiched by two equal
gradients could be used to achieve slice selection (32).
However, for the actual experiments in this study, no slice
selection was performed, and two saturation bands were
used to define the slice position and thickness immediately
before the spin-lock pulses. The following acquisition
parameters were used: TSL¼ 200 ms, TR¼ 415 ms, echo
time (TE)¼48 ms, field of view (FOV) 0¼ 96 � 96 mm2,
in-plane resolution¼ 1.2 � 1.2 mm2, slice
thickness¼ 6 mm, and slice number¼ 1. Second-order vol-
ume shimming was performed to reduce B0 inhomogeneity.
For the detection of currents, 800 images were acquired
with 10 dummy scans, resulting in a total scan time of 5.6
min. A block experimental design was used in which the
oscillatory field was turned on or off every 100 TR with
eight blocks.

Data Analysis

The ncMRI data was analyzed in a voxel-wise manner.
The time series at each voxel was first high-pass filtered

FIG. 2. The neuronal current MRI phantom used in this study con-
sisted of a single-loop, circular copper coil, 2.5 cm in diameter,
inserted into a plastic tube filled with 3.0 mM NiCl2 solution.

FIG. 3. The modified SIRS sequence. Compared to the previous
SIRS approaches, no excitation pulse is used in this sequence,

and a 180� pulse sandwiched between two equal gradients was
used for slice selection. RF, radio frequency; SIRS, stimulus

induced rotary saturation.
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at 0.1 Hz to remove any slow temporal drift. A student t
test was then performed to compare the on-blocks to the
off-blocks to identify the active voxels. As shown in the
Results section, the effect of the external oscillatory field
is not a change in the signal magnitude of the MR time
course, as is the case for previous SIRS method, but
instead is an increased fluctuation in the time course.
Therefore, the temporal standard deviation (SD) was cal-
culated for the time course in each block, and a two-
sample t test was used to compare the SDs between the
on- and off-blocks.

Alternatively, because the applied external field had
an exact sinusoidal form, its phase information may be
exploited to increase the statistical power. For example,
with a 100-Hz external field and TR¼415 ms, any two
adjacent data points in the ncMRI time series would
have opposite phases, and the effective magnetic fields
in the doubly rotating frame (BN in Fig. 1c) would point
in opposite directions. Hence, the oscillatory field would
have opposite effects on the baseline signal level; that is,
the MR signal magnitude would be increased in one
image and decreased in the next one. To use this knowl-
edge, difference in signal magnitude was calculated
between adjacent time points. Then, a two-sample t test
was used to compare the obtained signal difference
between the on- and off-blocks. This approach was
found to produce slightly higher statistical significance
than the first approach. However, it may not be as useful
for in vivo studies due to the lack of phase coherence in
real neural oscillations.

RESULTS

ncMRI Images and Time Course

A ncMRI image of a phantom that consists of a cylindri-
cal tube containing a copper wire loop acquired using
this sequence is shown in Figure 4a. The experiment
was performed with a spin-lock field of which the
Larmor frequency was 100 Hz and the duration was
200 ms. It should be noted that the signal magnitude is
nonzero in the phantom, although no excitation pulse or
oscillatory field was applied. This nonzero signal was
partially caused by T1 recovery during the spin-lock
time. In addition, the inhomogeneity of the B0 and B1

fields may also lead to a residual transverse magnetiza-
tion. This signal was used as the baseline signal in the
ncMRI time course and allowed the structure of the
phantom to be visible in Figure 4a. It should be noted
that this signal level is very low compared to the signal
level in the original SIRS approach, in which a 90-
degree excitation pulse was used after the spin-lock
pulse to form images.

Figure 4b shows the ncMRI signal time course
obtained from a block design experiment with eight
blocks and 100 time points in each block (see Methods).
The time course shown here corresponds to the signal
from a single voxel at the center of the copper coil seen
in Figure 4a. An oscillatory field of 3 nT and 100 Hz
was turned on every other block. It can be seen that the
external field did not cause an elevated signal level;
instead, it appeared to cause an increase in the fluctua-
tion in the time course. This is because there are two
sources contributing to the signal during the on-blocks:
1) the baseline signal due to the inhomogeneity in the B0

and B1 fields, as was discussed above; and 2) the trans-
verse magnetization caused by the oscillating current.
Whereas the first signal has a fixed phase, the phase of
the second signal varies within each TR; therefore, the
relative phase between the two signals is uncertain. As a
result, the second signal sometimes enhances the base-
line signal when they are in phase and sometimes
reduces the baseline signal when they are out of phase.
This causes the time course during the on-blocks to have
an increased temporal SD compared to the off-blocks. It
is also clear from Figure 4b that a 3-nT field can cause
large enough contrast for ncMRI detection.

Detection Sensitivity

P-static maps obtained from a 5.6-min acquisition are
shown in Figure 5 for field strengths from 0.25 nT to 1.0
nT at 100 Hz. With BN¼ 1.0 nT (Fig. 5a) and BN¼0.5 nT
(Fig. 5b), strong activation could be seen at the center of
the coil at P< 0.001 (uncorrected) level. For BN¼ 0.25 nT
(Fig. 5c), the activation was less statistically significant.
But with a relaxed threshold of P< 0.03 (uncorrected),
activation could still be reliably detected at the center of
the coil, with a few false positive voxels found outside

FIG. 4. ncMRI phantom image
and time course. (a) A represen-
tative ncMRI phantom image

acquired with a DB0-insensitive
spin-lock pulse sequence (90�þx

�BSL;þy�180�þy�BSL;�y�90��x)
and no excitation pulse. (b) The
time course of the ncMRI signal

from a single voxel at the center
of the coil in a. A 3-nT oscillatory

field was turned on and off for
even and odd number of blocks
respectively. ncMRI, neuronal

current MRI.
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of the coil. For comparison, a control experiment with
no external field applied found no false positive voxels
at the P < 0.001 level (Fig. 5d) and a few scattered false
positive voxels at the P < 0.03 level (Fig. 5e).

Frequency Response

It is useful to know the frequency response of the ncMRI
pulse sequence for in vivo applications for which the tar-
get signal spans over a frequency range. In this experi-
ment, the frequency of the spin-lock pulse was fixed at
100 Hz, whereas the frequency of the external field was
varied from 75 Hz to 125 Hz. Two hundred time points
were acquired for each frequency, with identical parame-
ters as the previous experiments, and a field strength of
6.0 nT was used. The temporal SD of the time course
was calculated for each frequency, and the result is
shown in Figure 6. As expected, a peak center around
100 Hz was observed. The full width at half maximum
was found to be 4 to 6 Hz, which is reasonable for meas-
uring neural oscillation at 100 Hz. In some cases, a sec-
ondary peak was also observed between 90 Hz to 95 Hz.
The origin of such a peak is not entirely clear yet. One
possible explanation is the Bloch–Siegert shift (33),
where the counter-rotating component of the linearly
polarizing field causes a slight shift in the effective reso-

nance frequency. However, such a shift is likely to be
too small to explain the observed frequency difference (a
few Hz). A more likely explanation is that the presence
of the copper coil causes inhomogeneity in the B1 field;
therefore, it is possible that the magnitude of the spin-
lock pulse deviates from its intended value at some loca-
tions within the coil, leading to an altered resonance
frequency.

Linearity

One difference between the modified SIRS sequence and
the original SIRS sequence is that the signal contrast
would be a linear function of the oscillating field in the
present approach, whereas the contrast would be a quad-
ratic function of the oscillating field in the original SIRS
method. To test the linearity relationship, we measured
the contrast to noise ratio (CNR) of the ncMRI time
courses with external field BN¼ 1 nT, 2 nT, 4 nT, and 8
nT, both at 100 Hz and 25 Hz. The CNR was calculated
as the ratio of the mean temporal SD of the on-blocks to
that of the off-blocks, and the results are shown in
Figure 7. An approximately linear relationship was
observed between the CNR and BN at both frequencies,
confirming the hypothesis as posed. The calculated CNR
did not go to zero at BN ¼ 0 because the thermal noise

FIG. 5. ncMRI-detection sensitivity. P-static maps (uncorrected, shown in color) are overlaid on ncMRI images. Results are shown for an
applied external oscillatory field at 100 Hz with magnitude of 1.0 nT (a), 0.5 nT (b), and 0.25 nT (c). The threshold for the statistic map is

P<0.001 in panels a and b, and P<0.03 in panel c. Results of a control experiment with no external field applied are also shown with
the threshold at P<0.001 (d) and P<0.03 (e). ncMRI, neuronal current MRI; nT, nanotesla
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also contributes to the calculation of contrast in our defi-
nition of the CNR. The contrast was slightly lower at 25
Hz than at 100 Hz because the spin-lock field is lower at
25 Hz and therefore less efficient in locking the magnet-
ization. But sufficient CNR was still achieved at 25 Hz,
indicating the feasibility of extending the present
approach into low frequency ranges. The relaxation of M
in the doubly rotating frame in the spin-lock direction

(y0 in Fig. 1c) can be described by exp � TSL

T1r

� �
. T1r is

known to increase with the magnitude of BSL. T1r

approaches T2 as BSL approaches zero and increases to a
maximum of T1 as BSL increases (29,30). Therefore, the
signal contrast is lowered with a lower resonance fre-
quency. The relaxation of M in the doubly rotating frame
in the transverse plane (x00z00 in Fig. 1c) can be described

by exp � TSL

T2r

� �
. Unlike T1r, T2r is known to be only

weakly affected by the magnitude of BSL (30). However,
because the magnetization in the transverse plane is
gradually built up during TSL instead of at the beginning
of TSL, the spin dispersion due to inhomogeneity in BSL

will not be completely refocused at the end of TSL. The
amount of spin dispersion, and hence signal loss,
increases with the inhomogeneity in BSL, which is likely
to increase with BSL. Therefore, it is likely that variation
in BSL would have the opposite effects on the relaxations
in the longitudinal and transverse directions. Our results
suggest that the former effect is more important.

DISCUSSION

In this study, we have demonstrated that an external
oscillatory field could be used as an excitation pulse
under a spin-locked condition to encode the MR signal.
With a 5.6-min scan, magnetic fields as low as 0.25 nT
could be reliably detected. Such detection sensitivity is
better than that achieved with the original SIRS
approach (27,28). Most importantly, it should be noted
that our experiment was conducted with conditions
closer to those of in vivo imaging. In Witzel et al.’s

study, a field of 1.0 nT was detected with a 7-min
experiment (27). The phantom used in that study had a
T1r value of 980 ms, which helped minimize magnetiza-
tion relaxation in the doubly rotating frame. The T1r of
our phantom (300–305 ms) was closer to that of human
gray matter (�9961 ms (29)). In Halpern-Manners et al.’s
study, activation was detected for a coil producing 0.46
nT field at its center, with 8- to 12-min experiments (28).
However, in their results, most of the activated voxels
appeared to be located adjacent to the current-carrying
coil for which the field would be much higher than that
at the center of the coil. In addition, their experiments
were performed on 7T spectrometers using coils with
higher sensitivity. In contrast, our experiment was per-
formed with a 3T whole-body scanner and a head
receiver coil, and activation was reliably detected at the
center of the current-carrying coil at 0.25 nT level. A
direct comparison of the detection sensitivity between
the modified and the original SIRS sequences is pro-
vided in Appendix 1. (online only).

The pulse sequence proposed in the present study has
several advantages compared with the previous SIRS
approaches. Firstly, higher contrast could be achieved
because of the u versus u2

2 effect, as discussed previously.
Secondly, the proposed sequence would help lower
physiological noise when applied to human studies. In
human fMRI studies, the physiological noise dominates
over the thermal noise and is proportional to the signal
magnitude (34). In the modified SIRS sequence, because
the MR signal is contributed by the weak oscillatory field
and no additional excitation pulse was applied, the abso-
lute signal level is very low compared to those of the
conventional MRI studies. The proposed pulse sequence
will greatly reduce the physiological noise in human
studies. Thirdly, the proposed sequence allows for faster
image acquisition with short TR. At the end of the prepa-
ration pulses, the net magnetization is returned to the
z-direction and its magnitude is only reduced by the

FIG. 6. Frequency response of the modified SIRS sequence. The
frequency of the spin-lock pulse was fixed at 100 Hz, while the

frequency of the external field was varied from 75 Hz to 125 Hz.
The temporal SD of the time course (in arbitrary unit) was plotted
as a function of the frequency of the applied field. SD, standard

deviation; SIRS, stimulus induced rotary saturation.

FIG. 7. Contrast of the modified SIRS sequence as a function of
the magnitude of the applied field. Data are shown for BN¼1 nT,

2 nT, 4 nT, and 8 nT at frequencies of 100 Hz and 25 Hz. The con-
trast was calculated as the ratio of the mean temporal standard
deviation of the on-blocks to that of the off-blocks. The straight

lines are the least-square linear fit with the error bar sizes taken
into consideration. CNR¼ contrast to noise ratio; SIRS, stimulus

induced rotary saturation.
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amount of T1r relaxation during TSL; therefore, sufficient
Mz remains for acquiring the next image. In contrast, the
original SIRS sequence uses 90-degree excitation pulses
after the preparation pulses to produce maximum con-
trast, and this approach eliminates Mz. Thus, its TR is
limited by the T1 recovery. However, after the prepara-
tion pulses, the original SIRS sequence preserves the sig-
nal contrast in the longitudinal direction, which features
a slower decay and is potentially beneficial for multislice
acquisition. Lastly, the proposed sequence is insensitive
to the BOLD effect, which was a major confounding vari-
ation in most previous ncMRI human studies. In the sta-
tistical analysis presented, only the SD of the MR time
course or the signal difference between two adjacent
images is used and not the absolute signal level. Thus, a
slow drift in the baseline signal level has a minimum
impact on the result. However, the current approach is
susceptible to spin dephasing during TSL, where inho-
mogeneity in the B1 field would lead to different preces-
sion rate of M at different locations in the rotating frame.
This is likely the reason why the sensitivity of our
experiments, although significantly improved, was still
not as high as the theoretical prediction of the u versus u2

2

effect.
A DB0-insensitive preparation sequence consisting of

five RF pulses (Fig. 3) was used in our experiments. It
was previously used to reduce image artifacts related to
B0 inhomogeneity. In the present study, it also served to
refocus the transverse magnetization in the doubly rotat-
ing frame (M

x’’z’’ in Fig. 1c) during TSL. However, it
should be pointed out that this approach also reduces
the signal contrast compared to original SIRS approach
with three radio frequency (RF) pulses (26), in which the
magnetization in the doubly rotating frame is flipped by
BN by an angle of u ¼ gBNTSL=2. With the DB0-insensitive
sequence, the situation is more complicated because the
direction of BSL is inverted at TSL

2 . Assuming that the
phase of BN (the angle between BN and z’’ in Fig. 1) is w

and that TSL

2 is an integral number of times the period of
the spin-lock pulse, which was the case in our experi-
ment, then after BSL is inverted, the new BN will have a
phase of �w. Ignoring any inaccuracy in B0 and B1, the
magnetization at the end of TSL can be written as

M TSLð Þ ¼ R�w u=2ð ÞRwð�u=2ÞM 0ð Þ; [1]

where Rw and R�w are the rotation matrices around BN

during first and second halves of TSL, u
2 is the angle by

which M is rotated during TSL

2 , and M 0ð Þ ¼ ½0 M0 0�’ is
the initial magnetization vector. Eq. 1 can be calculated
by transformation to the tilted rotating frame:

M TSLð Þ ¼ Ry �wð ÞRz u=2ð ÞRy wð ÞRy wð ÞRzð�u=2ÞRy �wð ÞM 0ð Þ;
[2]

in which Ry wð Þ and Rz wð Þ are the rotation matrices around
the y and z direction. After simplification, it can be shown
that the transverse magnetization at the end of TSL is

Mxz TSLð Þ ¼
ffiffiffi
2
p

cos wsin ðu=2ÞM0: [3]

Thus, Mxz is reduced by a factor of jcos wjffiffi
2
p with the DB0-

insensitive sequence. Because the phase w is a random

number that changes for every TR, the mean ratio isffiffi
2
p

p
ffi 0:45. Therefore, the DB0-insensitive sequence

reduces the signal contrast by more than half. But the
associated image artifacts and baseline signal-level reduc-
tion make it beneficial to the overall detection sensitivity.

CONCLUSION

Given the sensitivity of the modified SIRS sequence achieved
in our phantom, it might be feasible to attempt the detection
of neural oscillations in humans with this technique. An
equivalent current, dipole moments larger than 100 nAm,
has been recorded for the alpha activity with magneto
encephalographic (MEG) (35). This corresponds to a mag-
netic field of 2.5 nT at a distance of 2 mm from the dipole
source. If the source is more extended than a few millimeters,
the actual field will be lower than this number; however, the
MEG measurement on the scalp suffers from cancellation
effect and tends to underestimate local fields. The exact field
strength depends on the geometry of local neuronal trees and
is not straightforward to estimate. Of course, the B0 and B1

inhomogeneity-related artifacts will be more severe in the in
vivo brain than in our phantom, so it is likely that the actual
effective magnitude approximates what is necessary for suc-
cessful detection.
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SUPPORTING INFORMATION

Additional Supporting Information may be found in the online version of
this article.
Appendix S1. Detection of Sub-Nanotesla Oscillatory Magnetic Fields
Using MRI.
Figure S1. The neuronal current MRI phantom used in the comparison
study. A circular copper coil was wound around a plastic tube in a plane
perpendicular to the long axis of the tube.
Figure S2. Statistical results of the modified and original SIRS sequence.
P-static maps (uncorrected, shown in color) are overlaid on a structural
image with the same voxel size. Results are shown for an applied external
oscillatory field at 100 Hz with magnitudes of 1.0 nT (a and c), and 2.0 nT
(b and d) in the center of the loop. The detection thresholds were set at
P< 0.001 for the modified SIRS method (a and b) and P< 0.01 for the orig-
inal SIRS method (c and d). nT, nanotesla; SIRS, stimulus induced rotary
saturation.
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