Magnetic Resonance in Medicine 53:9 –14 (2005)

SQUID-Detected MRI at 132 T with T1-Weighted
Contrast Established at 10 T–300 mT
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T1-weighted contrast MRI with prepolarization was detected
with a superconducting quantum interference device (SQUID).
A spin evolution period in a variable ﬁeld between prepolarization and detection enabled the measurement of T1 in ﬁelds
between 1.7 T and 300 mT; T1 dispersion curves of agarose gel
samples over ﬁve decades in frequency were obtained. SQUID
detection at 5.6 kHz drastically reduces the ﬁeld homogeneity
requirements compared to conventional ﬁeld-cycling methods
using Faraday coil detection. This allows T1 dispersion measurements to be easily combined with MRI, so that T1 in a wide
range of ﬁelds can be used for tissue contrast. Images of gel
phantoms with T1-weighted contrast at four different ﬁelds
between 10 T and 300 mT demonstrated dramatic contrast
enhancement in low ﬁelds. A modiﬁed inversion recovery technique further enhanced the contrast by selectively suppressing
the signal contribution for a speciﬁc value of the low-ﬁeld
T1. Magn Reson Med 53:9 –14, 2005. Published 2004 WileyLiss, Inc.†
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INTRODUCTION
The nuclear spin-lattice relaxation time T1 is determined
by the spectral density of local magnetic ﬁeld ﬂuctuations
at the NMR frequency (1). Random ﬂuctuations caused by
molecular motion and chemical exchange occurring on the
time scale of the correlation time c have strong spectral
components up to  ⬇ 1/c. Although in pure water c ⬃
1 ps, in many tissues and macromolecular solutions c
ranges from a fraction of a microsecond to a millisecond.
Hence, at frequencies of 1 MHz or lower T1 is sensitive to
the molecular environment and interactions speciﬁc to
tissue types. Conversely, at frequencies of about 10 MHz or
higher, the relaxation times of different tissues tend to
converge because of the decoupling of the proton spins
from most of the important relaxation mechanisms available in biologic samples.
The enhancement of T1 contrast at low frequencies is an
important reason for continued interest in low-ﬁeld MRI
(2– 4), together with the low-cost implementation of MRI
without the need for a superconducting magnet. Moreover,
the study of the relaxation rates over a broad range of
frequencies, known as relaxation dispersion, has proven to
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be a valuable tool to provide insight into the dynamics and
structure of tissues and protein solutions (5–7). Because of
the severe loss in sensitivity of a Faraday coil at low
frequencies and the low level of magnetization available in
low ﬁelds, conventional ﬁxed-ﬁeld MRI performs poorly
in ﬁelds less than about 0.1 T and does not lend itself well
to the investigation of relaxation times and T1-weighted
contrast imaging at signiﬁcantly lower ﬁelds.
The loss of sensitivity in low-ﬁeld NMR and MRI can be
partially alleviated by using a separate pulsed polarization
ﬁeld, which provides a sample magnetization that is independent of the detection ﬁeld B0 (2,3,8). The Ljubljana
group (8) used this technique to perform MRI in the Earth’s
magnetic ﬁeld and was able to show enhanced T1weighted contrast in a gelatin sample. However, the poor
signal-to-noise ratio (SNR) obtained by Faraday coil detection in the Earth’s ﬁeld, even with prepolarization, severely limited the resolution and practical applicability of
the method.
Low- to intermediate-ﬁeld T1 dispersion has been extensively studied by means of ﬁeld cycling methods (5–7) in
which a low-ﬁeld spin evolution period precedes a highﬁeld detection period. This requires a highly homogeneous, strong, pulsed ﬁeld in which to detect the NMR,
requirements that are often incompatible with high speed
imaging of large samples. To study localized T1 dispersion
in vivo in the relatively narrow range from about 20 to
120 mT, Carlson et al. (9) pulsed an inhomogeneous ﬁeld
(30% variation over the imaging volume) inside the bore of
a commercial ﬁxed-ﬁeld (64 mT) MRI magnet. They observed pronounced peaks in the relaxation dispersion behavior of rat and human tissues, which they ascribed to
cross-relaxation of 1H with 14N. To probe T1 dispersion in
a ﬁeld much lower than the detection ﬁeld, however, a
pulsed ﬁeld with much higher homogeneity would be
necessary for reasonably uniform cancellation of the static
ﬁeld.
In an alternative approach, Rommel et al. (10) investigated contrast that is sensitive to the low-frequency
(⬍10 kHz) dynamics of tissue molecules using the spinlattice relaxation time in the rotating frame (T1). The
low-frequency dispersion of T1 has the advantage of being
accessible in conventional MRI using RF irradiation, but
the frequency range is limited by the available RF power
and by tissue heating. Furthermore, the interpretation of
T1-weighted images is less straightforward than that of
T1-weighted images.
To detect MRI at low ﬁelds, a complementary approach
to sample prepolarization is to address the poor performance of conventional Faraday coil detection at low frequencies. Recently, we have demonstrated MRI in a microtesla detection ﬁeld (11,12) by combining prepolariza-
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tion of the spins and signal detection with an untuned
superconducting quantum interference device (SQUID)
magnetometer. A similar approach was taken by the Los
Alamos group (13) to obtain NMR signals from a human
brain at a few hundred hertz. As SQUID detection is independent of frequency and prepolarization provides magnetization independent of the detection ﬁeld, this technique allows the detection ﬁeld B0 to be as low as
⬃100 T, limited primarily by the requirement that f0 ⬎⬎
⌬f, where f0 is the Larmor frequency and ⌬f is the imaging
bandwidth. Because the homogeneity requirement for the
pulsed polarization ﬁeld is modest and B0 is very weak,
inexpensive copper-wire coils can provide adequate ﬁelds
for open-access MRI of objects the size of human limbs. In
our earlier work we obtained two-dimensional images of
phantoms and vegetables (with sample size ⬃50 mm, B0 ⫽
132 T, f0 ⫽ 5.6 kHz, and maximum gradient G ⫽
75 T/m) with millimeter resolution in a few minutes.
In this communication we demonstrate a new scheme
for T1-weighted contrast MRI that enables one to use T1
over a wide range of ﬁelds for image contrast. By applying
an intermediate ﬁeld between prepolarization and detection we obtain images weighted by T1 in an arbitrary ﬁeld
strength ranging from the 300-mT prepolarization ﬁeld to
about 10 T. We illustrate this principle by measuring T1
dispersion and acquiring T1-weighted contrast images of
agarose gels with varying water content. Finally, we make
use of a modiﬁed inversion-recovery sequence based on
that proposed by Planins̆ic̆ et al. (8), which we call a
“ﬁeld-cycling inversion recovery” sequence, to obtain
high-contrast images with selective suppression of different portions of the phantom according to their relaxation
rate in a ﬁeld of 132 T.

EXPERIMENT
SQUID-Detected Microtesla-Field MRI: System
Conﬁguration
We brieﬂy describe the essential features of microteslaﬁeld MRI using a SQUID; details have been published
elsewhere (11,12). Figure 1a shows a schematic of the
SQUID probe and detection electronics. The multiturn Nb
input coil (ic) of a low transition-temperature (Tc) SQUID
(sq) with Nb-AlOx-Nb trilayer junctions is connected to a
superconducting ﬂux transformer (pickup coil, pc) wound
from Nb wire. The transformer is conﬁgured as a secondorder axial gradiometer— consisting of 1 ⫹ 2 ⫹ 1 turn coils
with 65-mm diameter and a 150-mm separation between
the two single-turn coils—to attenuate magnetic ﬁeld noise
from distant sources without materially reducing the signal ﬁeld from the nearby sample. The magnetic ﬁeld from
the precessing spins in the sample causes a supercurrent to
ﬂow in the lowest coil and hence in the input coil. A series
array of 20 Josephson junctions is inserted between the
pickup coil and the input coil to limit the supercurrent in
the input coil generated by pulsed ﬁelds. Both the SQUID
and the array are placed in a superconducting shield to
prevent their direct exposure to external ﬁelds. The SQUID
probe is immersed in liquid helium in a custom-made
low-noise cryostat (14) with a 25-mm separation between
the lower loop of the gradiometer and the room tempera-

FIG. 1. Experimental conﬁguration. (a) SQUID-based second-order
gradiometer with room-temperature electronics. Ib is the SQUID
bias current; pc, ic, and sq label the pickup coil, input coil, and
SQUID, respectively. (b) MRI coils and the liquid helium cryostat that
houses the gradiometer. For clarity, dBz/dy coils are not shown.

ture surface of the cryostat. The voltage signal from the
current-biased SQUID is read out by room-temperature
electronics using a conventional ﬂux-locked loop with ﬂux
modulation at 2 MHz (15). The measured magnetic ﬁeld
noise of the system, 1.7 fT/Hz1/2 referenced to the lowest
pickup loop, arises from the noise of the SQUID itself.
The cryostat is placed at the center of the 2-m cubical
wooden structure shown in Fig. 1b. The cube supports the
coils necessary for MRI in an open space: three pairs of
coils to null out the Earth’s ﬁeld (wound on the faces of the
cube), a Helmholtz pair with a 0.6-m radius for B0, three
sets of gradient ﬁeld coils, a prepolarization ﬁeld coil, and
a coil to produce pulses of the excitation ﬁeld 2B1cos0t.
An aluminum box with 3-mm thick walls surrounds the
cube to attenuate environmental 5.6 kHz electromagnetic
ﬁelds by an order of magnitude.
Pulse Sequences
Figure 2a shows the simplest pulse sequence for MRI in
microtesla ﬁelds with contrast weighted by T1 in a variable
ﬁeld between ⬃1 T and ⬃300 mT. The spins are ﬁrst fully
polarized in a relatively strong ﬁeld Bp1 ⬃300 mT applied
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is reduced adiabatically to Bp2 to create an intermediate
ﬁeld Bint ⴝ Bp2 ⴙ B0 under which the spins relax for time
tint. Because the polarizing ﬁeld is perpendicular to B0, Bint
is at an angle  ⫽ tan-1 (Bp2/B0) to B0. The adiabatic
switching of the ﬁelds ensures that the spin magnetization
is always in the direction of the instantaneous ﬁeld. The
magnetization preparation is completed by adiabatically
switching off Bp2, thereby causing the spins to align along
the direction of B0. The magnetization at this point
M 1 ⫽ M int ⫹ 共Mp1 ⫺ Mint兲 exp共 ⫺ tint/T1,int兲

FIG. 2. (a) Pulse sequence for T1-weighted contrast imaging in a
variable ﬁeld with corresponding evolution of longitudinal magnetization. The polarizing ﬁeld Bp is adiabatically switched from Bp1 to
Bp2 and the spins relax toward equilibrium magnetization under Bint,
the quadrature sum of Bp2 and B0. Both Bp2 and B0 can be adjusted
to create the desired Bint for T1 measurement. After a time tint, this
ﬁeld is switched adiabatically to the detection ﬁeld of 132 T and a
standard imaging sequence is applied following a /2 pulse. (b)
Field-cycling inversion recovery sequence with corresponding evolution of longitudinal magnetization. Magnetization evolutions are
shown for two tissues that have similar values of T1 in Bp1 and Bp2
but very different T1 in B0.

for a time tp greater than the longest T1 in the sample; Bp1
is generated by applying 40 A to a copper solenoid of inner
diameter 50 mm that surrounds the sample. For T1 contrast in a ﬁeld greater than B0 ⫽ 132 T, the polarizing ﬁeld

[1]

determines the intensity of the image, which is subsequently obtained by applying a conventional spin-echo
spin-warp imaging sequence. In Eq. [1], Mint and Mp1 are
the equilibrium magnetizations in Bint and Bp1, respectively, and T1,int is the spin-lattice relaxation time in Bint.
Note that if Bint ⫽ B0, the pulse sequence probes the T1
contrast in the ﬁeld B0 during the time tint, which is equivalent to the delay time td in the images in Refs. 11 and 12.
To achieve contrast weighted by T1 in ﬁelds lower than B0,
the corresponding intermediate ﬁeld Bint ⬍ B0 is obtained
by setting Bp2 ⫽ 0 and temporarily reducing B0 by applying a counterﬁeld by means of one of the Earth’s ﬁeld
cancellation coils for time tint. After this period, the ﬁeld is
ramped back to the original B0, and the imaging sequence
follows.
The above scheme produces little contrast if (Mp1-Mint)
is small. To achieve T1-weighted contrast in a ﬁeld comparable to the maximum Bp1 ⬃300 mT, one can simply use
that ﬁeld for prepolarization and adjust the polarization
time such that spins with differing T1 in that ﬁeld have
different polarizations when Bp1 is turned off. This is
equivalent to changing the repetition time in conventional
MRI.
Conventional high-ﬁeld MRI frequently utilizes inversion recovery to highlight T1-weighted contrast. A related
technique, originally called “magnetization subtraction”
by Planins̆ic̆ et al. (8), can be used to enhance the low-ﬁeld
contrast in prepolarization MRI if pulsed ﬁelds are available. Figure 2b illustrates the magnetization preparation in
this sequence, which we dub a “ﬁeld-cycling inversion
recovery” sequence. As before, the spins are ﬁrst polarized
in a strong ﬁeld Bp1. This ﬁeld is adiabatically removed to
allow the spins to align along the static ﬁeld B0. For a time
tint, the spins relax in B0 until a resonant  pulse creates
population inversion. Immediately following the inversion, a second polarization ﬁeld Bp2 is adiabatically
switched on, whereupon the inverted magnetization recovers toward thermal equilibrium in Bp2. The zero-crossing point is determined by both the magnetization immediately before the  pulse and the relaxation time in Bp2.
Finally, the ﬁeld is adiabatically switched back to B0, and
the standard imaging sequence is implemented.
The usefulness of this technique lies in the fact that even
if different parts of the sample (tissues) have very similar
relaxation times in high ﬁelds of Bp1 and Bp2, the zero
crossing points can be signiﬁcantly different depending on
their magnetization immediately before the  pulse, which
is determined by the relaxation time in B0. Hence by
choosing an appropriate second polarization time tp2, tis-
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FIG. 3. (a) Relaxation rate dispersion of 0.25% and 0.5% agarose gel in water measured over the frequency range 72 Hz to 12.8 MHz. The
arrows on the lower horizontal axis indicate the ﬁelds in which the T1 contrast was obtained in the following images. (b) Images of a phantom
consisting of 0.25% and 0.5% agarose in water weighted by T1 in four different ﬁelds. The pulse sequence of Fig. 2a was used with Bp1 ⫽
300 mT, B0 ⫽ 132 T (except in the upper left image where B0 ⫽ 56 T because the available current from our power supply limited the
strength of the counterﬁeld), tint ⫽ 400 ms, and maximum gradient G ⫽ 50 T/m. The polarization time tp was 2 s for the images with three
lowest values of Bint, and 1.6 s for Bint ⫽ 300 mT. Intensity plots along the lines connecting the two gel components are also shown for the
two lower images.

sue-selective suppression of the image intensity is possible
by exploiting the differences in low-ﬁeld T1. Note that the
low-ﬁeld evolution during tint can be made to occur in a
ﬁeld other than B0, as in Fig. 2a, by adding a nonzero ﬁeld
from the polarization coil or by reducing the current to the
B0 coil.
MATERIALS
In our initial experiments, phantoms composed of agarose
gel (-Aldrich, A9539 –25G) were used to demonstrate the
principle of the sequences explained above. Because of the
slow motion of cross-linked polymer chains, the gel has a
correlation time similar to those found in tissues, and one
can easily produce different relaxation times by changing
the concentration of the gel. In a simpliﬁed picture, the
relaxation rate can be expressed as follows (16):
1/T 1 ⫽ 共1 ⫺ b兲/T 1f ⫹ b/T1b,

[2]

where T1f and T1b are the relaxation times of free water
and water bound to the gel, respectively, and b is the
fraction of the bound water (typically ⬍1%). For NMR
frequencies above ⬃10 kHz 1/T1f is independent of frequency. However, 1/T1b sharply increases below a frequency of about 1/c, which is of the order of 1 MHz.
Therefore, low-ﬁeld relaxation is sensitive to the bound
water fraction b, which in turn is determined by the gel
concentration.

RESULTS
Figure 3a shows 1/T1 dispersion curves of agarose gel
samples (0.5% and 0.25% by weight in H2O) over the
frequency range 72 Hz to 12.8 MHz. To measure T1 at a
given ﬁeld, we used the pulse sequence of Fig. 2a without
image encoding and measured the signal amplitude for
increasing values of tint. An exponential ﬁt of that dependence determined T1 at the selected magnetic ﬁeld Bint.
The solid lines are ﬁtted to the data using the Cole–Cole
expression (5) as follows:
1/T 1共f兲 ⫽ A 䡠 Re兵1/关1 ⫹ 共if/fc 兲␤/2 兴其 ⫹ constant,

[3]

where A, fc, ␤, and the constant are ﬁtting parameters. This
relation successfully describes the relaxation dispersion of
many tissues and diamagnetic protein solutions in which
a distribution of correlation times is often required to
characterize the ﬂuctuations. The ﬁts give characteristic
time scales (obtained from the inﬂection points of the
ﬁtted curves) for molecular motion of 3 s and 2 s for the
0.25% and 0.5% gels, respectively. At high frequencies the
relaxation rates have a frequency-independent component
arising from the relaxation of free water (the ﬁrst term in
Eq. [2]). Below a frequency ⬃0.1 MHz the second term in
Eq. [2] dominates the relaxation rate and the curves show
sharp rises with strong dispersion, with the relaxation rate
roughly proportional to the gel concentration.
We turn now to illustrations of T1-weighted contrast
imaging. Figure 3b shows images of two glass tubes ﬁlled
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with 0.25% and 0.5% gels, respectively, weighted by T1 at
four different ﬁelds in the range 10 T to 300 mT. The
images were obtained using the sequence of Fig. 2a with
the different intermediate ﬁeld strengths indicated in the
ﬁgure. Thirty-one phase encoding steps were used with no
signal averaging; the total data acquisition time was
1.5 min for each image. As is expected from the relaxation
dispersion curves of Fig. 3a, the contrast is much stronger
in the images with the lower ﬁelds of 10 T and 132 T.
The two plots at the bottom of the ﬁgure show the image
intensities along the lines across the two bottom images.
The contrast (deﬁned as the difference in peak heights
divided by the larger of the two) between different gel
components yields 36% for the image with Bint ⫽ 132 T
and 7% for that with Bint ⫽ 13.2 mT.
To obtain Fig. 4, we ﬁlled three glass tubes with tap
water, 0.25% agarose gel, and 0.5% agarose gel, respectively, and imaged them with the conventional spin-echo
spin-warp sequence preceded by the ﬁeld-cycling inversion recovery sequence of Fig. 2b. Whereas all three samples have approximately the same relaxation time, T1 ⫽
1.8 ⫾ 0.1 s, in the polarizing ﬁeld Bp1 ⫽ Bp2 ⫽ 300 mT, T1
varies greatly in B0 ⫽ 132 T (1.6 s, 480 ms, and 210 ms for
water, 0.25% gel, and 0.5% gel, respectively). In each
image, the length of the second polarizing pulse, tp2, has
been chosen so that the polarization of one of the samples
vanishes at the end of the inversion-recovery sequence. As
tp2 is increased, each of the three samples appears dark in
turn, from shorter to longer T1, as a result of the successive
zero-crossings of the magnetization. In addition, in all
three images there is sufﬁcient T1 contrast to discriminate
between the two nonvanishing columns.
DISCUSSION
We have demonstrated that by detecting spin precession in
an ultralow ﬁeld with a SQUID and employing pulsed
polarization ﬁelds to manipulate the longitudinal magnetization, one can obtain T1-weighted contrast images in
ﬁelds between 10 T and 300 mT, corresponding to proton
Larmor frequencies of 426 Hz and 12.8 MHz. Because the
image encoding and detection are performed in a very low
static ﬁeld, the homogeneity requirement on the pulsed
ﬁelds is modest. This key fact allows one to use T1 dispersion in a wide range of ﬁelds as a source of image contrast
in larger samples than can be used in conventional ﬁeldcycling relaxometers. The lower limit on the ﬁeld is set by
the low-frequency environmental ﬁeld ﬂuctuations that
signiﬁcantly contribute to the spin relaxation when the
Larmor frequency is below about 100 Hz. The heat generated by the polarization coil sets the upper limit on the
ﬁeld. With moderate magnetic shielding and a water- or
nitrogen-cooled polarization coil, the ﬁeld range in which
T1-weighted contrast images are obtained could be further
expanded.
Currently we can image samples up to 50 mm in diameter with in-plane resolution of 1– 4 mm in about 2 min.
Considerable SNR improvement would be necessary to
improve the resolution or decrease the acquisition time for
clinically relevant in vivo imaging. Reducing the system
noise by using a lower-noise SQUID and increasing the
ﬁlling factor by using a dewar with a smaller vacuum gap

FIG. 4. Inversion recovery images showing T1-weighted contrast at
132 T obtained using the pulse sequence of Fig. 2b with Bp1 ⫽
Bp2 ⫽ 300 mT, B0 ⫽ 132 T, tp1 ⫽ 2 s, and tint ⫽ 200 ms. The
phantom consists of three glass tubes ﬁlled with water, and with
0.25% and 0.5% concentrations of agarose gel in water. Because of
the different levels of magnetization at the end of the low-ﬁeld
evolution period (tint ⫽ 200 ms), the signal from one of the columns
is suppressed by choosing tp2 so that the magnetization of that
column crosses zero at the end of the inversion recovery sequence.

would improve the SNR by a factor of 2– 4. More efﬁcient
cooling of the polarization coil could increase the available ﬁeld for prepolarization to up to ⬃0.5 T. These improvements could potentially be combined with a multichannel system in which many SQUID gradiometers
would be used to cover a larger ﬁeld-of-view. Such a
system could potentially complement conventional highﬁeld MRI in areas such as in vivo relaxometry and tumor
screening.
SQUID-detected low-ﬁeld MRI with the ﬂexibility of
widely variable polarization ﬁelds is well suited for exploring other contrast modalities that are not exploited in
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conventional MRI experiments. In addition to the generally enhanced contrast in low ﬁelds, extensive studies
have shown rich structure in the T1 dispersion curves of
both living and excised tissues (17), suggesting possibilities of novel contrast mechanisms provided one can ﬁne
tune the ﬁeld—particularly at low ﬁelds. For example,
dips in the proton T1 dispersion curves at 14N quadrupolar
transition frequencies caused by cross-relaxation with nitrogen (18) can be used to identify nitrogen-containing
protein backbones. Furthermore, T1 dispersion contrast,
which measures the slope of the T1 dispersion curve, can
be used to produce tissue-speciﬁc contrast when samples
exhibit complex dispersion curves (2). In low ﬁelds of
about 100 T, a mechanism for the relaxation dispersion of
pure water has been shown (19) to be due to the interaction
between 1H and 17O that is modulated by intermolecular
proton exchange at ⬃5 kHz. A contrast method directly
using different time scales of proton exchange in biologic
samples is an appealing possibility.
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8. Planins̆ic̆ G, Stepišnik J, Kos M. Relaxation-time measurement and
imaging in the earth’s magnetic ﬁeld. J Magn Reson A 1994;110:170 –
174.
9. Carlson JW, Goldhaber DM, Bro A, Kaufman L. MR relaxometry
imaging: work in progress. Radiology 1992;184:635– 639.
10. Rommel E, Kimmich R, Körperich H, Kunze C, Gersonde K. T1 dispersion imaging and localized T1 dispersion relaxometry: application
in vivo to mouse adenocarcinoma. Magn Reson Med 1992;24:149 –157.
11. McDermott R, Lee S-K, ten Haken B, Trabesinger AH, Pines A, Clarke J.
Microtesla MRI with a superconducting quantum interference device.
Proc Natl Acad Sci USA 2004;101:7857–7861.
12. McDermott R, Kelso N, Lee S-K, Mö␤le M, Mück M, Myers W, ten
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