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Investigators often study rats by �CT to investigate the patho-
genesis and treatment of skeletal disorders in humans. How-
ever, �CT measurements provide information only on bone
mineral content and not the solid matrix. CT scans are often
carried out on cancellous bone, which contains a significant
volume of marrow cells, stroma, water, and fat, and thus the
apparent bone mineral density (BMD) does not reflect the min-
eral density within the matrix, where the mineral crystals are
localized. Water- and fat-suppressed solid-state proton projec-
tion imaging (WASPI) was utilized in this study to image the
solid matrix content (collagen, tightly bound water, and other
immobile molecules) of rat femur specimens, and meet the
challenges of small sample size and demanding submillimeter
resolution. A method is introduced to recover the central region
of k-space, which is always lost in the receiver dead time when
free induction decays (FIDs) are acquired. With this approach,
points near the k-space origin are sampled under a small num-
ber of radial projections at reduced gradient strength. The typ-
ical scan time for the current WASPI experiments was 2 hr.
Proton solid-matrix images of rat femurs with 0.4-mm resolu-
tion and 12-mm field of view (FOV) were obtained. This method
provides a noninvasive means of studying bone matrix in small
animals. Magn Reson Med 57:554–567, 2007. © 2007 Wiley-
Liss, Inc.
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Progress in developing new and improved methods for
characterizing bone tissue has occurred at a rapid pace
over the past decade, driven largely by the increasing
importance of osteoporosis as a major public health con-
cern in the elderly (1). A National Institutes of Health
consensus development panel concluded in 2001 that in

the United States alone, 10 million people had osteoporo-
sis and 18 million more had low bone mass (2).

One of the crucial parameters that is used to determine
bone quality is the degree of bone mineralization (also
called the degree of mineralization, extent of mineraliza-
tion, or sometimes simply “mineralization”), which is con-
ventionally defined as the mass of bone mineral per vol-
ume of bone matrix. A closely related definition of the
degree of mineralization is the ratio of bone mineral den-
sity (BMD) to bone matrix density. Knowledge of this
parameter enables one to detect compositional changes in
bone substance, and is a key asset for distinguishing os-
teoporosis (low BMD but normal mineralization) from
other metabolic bone diseases, such as osteomalacia (low
BMD and low mineralization) (3–6). Such data are also
significantly useful for evaluating the effectiveness of
treatment for heritable and metabolic diseases of the skel-
eton. The clinical significance of a diagnosis of mineral-
ization defect in patients with low BMD is obvious, since
appropriate measures can be undertaken to correct this
abnormality in patients in whom the usual antiosteopo-
rotic therapies would fail or might even be harmful. In-
deed, defective mineralization is often discovered in pa-
tients undergoing bone biopsies to explain antiosteopo-
rotic treatment failure (7). In the rapidly growing bones of
children, some regions of normal active bone formation
that have not yet reached full mineralization may be inter-
preted as osteopenic if only X-ray-based BMD information
is available.

Methods to measure the calcium phosphate (Ca-P) min-
eral mass and characterize the individual chemical con-
stituents of the Ca-P mineral crystals of bone tissue and
bone substance have been developed to a high degree of
sophistication (8). However, methods to quantify the con-
tent of bone matrix of intact specimens are lacking.

The clinical standard for characterizing bone mineral is
dual-energy X-ray absorptiometry (DXA), in which a pro-
jective rectilinear scan of the bone at two X-ray wave-
lengths produces a 2D map of the bone mineral content.
However, DXA BMD scores are dependent on the view
direction, since DXA yields only a projective 2D image,
and DXA BMD often fails to explain the reduction in
fracture risk when therapeutic drugs are administered to
treat osteoporosis (9). Although X-ray computed tomogra-
phy (CT) can provide a true BMD in g cm–3 when a suffi-
cient photon flux is used to ensure quantitative accuracy
(i.e., quantitative CT (QCT)) and high spatial resolution,
the radiation dose may be a consideration in frequent
serial scanning of the torso, especially in children or
women of child-bearing age. Additionally, no X-ray-based
imaging modality can provide quantitative data on bone
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organic matrix content, which consists in large part of the
solid fibrous structural protein collagen I.

Conventional (i.e., fluid-state) MR microimaging (MR�I)
of bone images the marrow spaces of trabecular bone,
which are filled with various proportions of hematopoietic
(red) and fatty (yellow) marrow. Thus, MR�I produces a
positive image of the interstitial spaces between trabecu-
lae, which is equivalent to a negative image of the volume
occupied by bone substance (mineral plus matrix). Such
images reflect the effective porosity of the bone substance
and provide a means to assess the gross geometry of cor-
tical and trabecular bone, as well as a set of statistical
microarchitectural descriptors of trabecular bone (10–12).
However, because of the nature of this method, neither the
BMD nor the matrix density can be obtained.

We previously demonstrated that bone mineral and ma-
trix densities of relatively large porcine and bovine bone
specimens can be obtained respectively by 31P solid-state
magnetic resonance imaging (31P SMRI) and water- and
fat-suppressed proton projection imaging (WASPI) (13–
15). An in vivo 31P SMRI study of human tibia has also
been carried out (16). Other researchers, most notably Rob-
son et al. (17) and Reichert et al. (18), have recently used
31P and proton (1H) MRI to image solid components of
human bone. Glover and coworkers (19) utilized a 3D
projection reconstruction technique to image boron-11 dis-
tributions. To allow excitation of short-T2 resonances by a
hard pulse in the absence of gradients, this method sam-
ples the signal during the ramp-up of the gradient follow-
ing the excitation pulse. It is related to the methods we use
(described below) to recover the central region of k-space
lost during the receiver recovery time, and was recently
used by Anumula et al. (20). Pauly and coworkers (21)
previously developed short-T2-selective sequences. Fer-
nández-Seara et al. (22,23) used an adaptation of single
point proton imaging to obtain images of bone, and studied
matrix water content as a surrogate measure for the degree
of bone mineralization. Mastikhin et al. (24) and Halse et
al. (25) imaged the mineral content with a different adap-
tation of single-point imaging (single-point ramped imag-
ing with T1 enhancement (SPRITE)).

Rats are one of the most common animal models used by
researchers to investigate the pathogenesis and treatment
of skeletal disorders in humans. Rat bone specimens are
widely studied by micro computed tomography (�CT), an
X-ray based method (26–29) that essentially reflects only
the mineral content of bone (i.e., the BMD) but not the
solid matrix content.

In this study we explored the feasibility of WASPI for
imaging the solid matrix content of rat whole bone speci-
mens, and meeting the challenges of small sample size and
demanding submillimeter resolution. The principles of
WASPI are described in Ref. 15. In the current paper we
emphasize the details of the solid-state MRI (SMRI) aspect
of the method, particularly the recovery of critical data lost
during the receiver dead time, which is essential for reli-
able quantitation.

The difference between SMRI and WASPI is that the
SMRI method quantitatively collects all proton signals
from both solid and fluid constituents. The WASPI method
is built on SMRI, and includes a water- and fat-suppres-
sion preamble in the pulse sequence that is designed to

achieve a good balance between reducing the fluid-state
contributions to the image while minimizing the perturba-
tion of the solid signal, to yield an image of only the solid
or solid-like constituents.

MATERIALS AND METHODS

Materials

Four-month-old virgin female NIHRNU rats (Charles River
Laboratories, Charlestown, MA, USA) were used in this
study. The animals were euthanized via CO2 inhalation
prior to MRI. Following euthanasia the femurs were disar-
ticulated from the hip and knee. The proximal and distal
ends were stripped of soft tissue in order to expose the
femoral head and neck and the distal femoral condyles.
The remaining soft-tissue envelope was preserved. The
specimens were wrapped in saline-soaked gauze until they
were scanned by MRI and then by �CT. All procedures
were authorized by and performed in accordance with the
guidelines of the respective institutional animal care and
use committees.

Carbon-black-filled styrene butadiene rubber (SBR) stop-
pers (size 13.5, top: 75 mm, bottom: 83 mm, length: 35 mm;
Atlantic Rubber, Littleton, MA, USA) served as proton-
containing phantoms for the organic matrix constituent of
bone.

Two glass capillary tubes (outer diameter (OD): 1.5 mm,
inner diameter (ID): 1.1 mm, wall thickness: 0.2 mm) were
filled with normal saline to serve as a resolution test phan-
tom.

Chicken bone marrow was extracted from chicken radii
obtained from a local slaughterhouse and placed in glass
tubes 2 or 4.6 mm in diameter. The chicken bone marrow
(which has a high fat content) was used as a reference for
water and fat suppression because the marrow in these rats
is predominantly hematopoietic.

SMRI

Pulse Sequence

The basic SMRI pulse sequence consists of the following
steps:

Step 1. A gradient pulse with all three gradient channels
(Gx, Gy, and Gz) active is switched on. The magnitudes of
the gradient vector G remain constant throughout all rep-
etitions of the pulse sequence, and the gradient directions
are naturally described in a spherical polar coordinate
system and varied from one repetition to the next (Fig. 1).
The use of gradients larger than the 10 mT/m strength used
in routine clinical MRI enables us to recover desired spa-
tial resolution in the face of an approximately several
thousand Hz spectral linewidth due to the short T2*. The
rise time of the gradient is slow (1–3 ms). Safety issues
with regard to nerve and muscle stimulation that may
occur with temporal magnetic fields are not a concern in
our case, since the slew rates of the gradient pulses are
well below the FDA limits.

Step 2. A short, single, rectangular hard RF pulse is ap-
plied 1–3 ms after the gradient has reached its target value.
The delay before the RF pulse permits the gradients to
stabilize and any uncompensated fast eddy currents to

WASPI Solid-State 1H MRI of Rat Femur Bone 555



decay. The length of the RF pulse tp (6–8 �s) is set to the
Ernst optimum flip angle for maximal signal-to-noise ratio
(SNR) at the chosen repetition time (TR). Since the pulse
length is much shorter than the spin relaxation times of the
interesting components of bone (solid mineral and matrix)
and is well below 90°, the spin system can be approxi-
mated as a linear system. If the sinc function is taken to be
zero beyond the first zero crossing on both sides, then the
rectangular pulse at frequency �rf will excite nuclear spins
resonating over a frequency range |� � �rf| � 2�/tp. More
specifically, a short rectangular 8-�s pulse will excite nu-
clei resonating over a frequency bandwidth of about
250 kHz centered around �rf (30) (Fig. 2).

When dealing with solids, one must usually meet the
criterion that B1 dominates all other spin system interac-
tions, including resonance offset and homonuclear direct
dipolar spin-spin coupling, if it is to be fully effective. This
is a much stronger requirement than that demanded by the
linear system approximation. This criterion is clearly not
satisfied in the present case, since the maximum resonance
offset in the presence of the gradient field is much larger
than �1 � �B1 (e.g., �1/2� � 5.6 kHz if 8 �s corresponds to
a 16° pulse). One obvious result of the weak B1, which
impacts fluid and solid spin systems equally, is that a 180°
pulse cannot be achieved at large resonance offsets. How-
ever, the criterion is met for on-resonance solid matrix
components that have linewidths less than this bandwidth
(T2 as short as 57 �s). For voxels with large resonance
offsets (at large distances from isocenter), the rotating
frame effective field Beff (resulting from the offset �B and
applied RF B1) is large and dominates the dipole–dipole
interaction, further ensuring that the criterion is met for
these solid matrix components—a phenomenon known as
second averaging. Therefore, for the purposes of the solid-
state imaging techniques used in this study (small flip
angles, dipolar broadened linewidths no larger than
	5 kHz), all necessary requirements for the strength of B1
are met.

Step 3. As soon as possible after the RF pulse is turned off
(i.e., after the dead time (5–20 �s) of the receiver), the free

induction decay (FID) is sampled. The sampling rate must
be very fast (typically 2.5–10 �s per point, depending on
the T2 and the capability of the scanner), which enables us
to acquire almost the full signal available from the subject.
Except for signal loss during the receiver dead time, the
rapidly decaying FID is acquired with high fidelity.

The many benefits of generating and sampling an echo,
such as refocusing the unwanted defocusing caused by
magnet inhomogeneity, chemical shift spread, and suscep-
tibility distribution, as well as circumventing the receiver
dead time problem, are outweighed by the almost com-
plete loss of echo signal due to the very short T2. Further-
more, attempting to adapt a conventional spin- or gradient-
echo pulse sequence to the submillisecond T2* of bone
matrix would require very short and intense RF pulses and
huge, unsafe gradient ramp rates that violate FDA guide-
lines for peripheral nerve stimulation and exceed the ca-
pabilities of the scanner.

Likewise, it is important to note that if the slice-selec-
tion or self-refocusing RF pulses are on the order of 1 ms or
longer in duration, they are ineffective for the solid con-
stituents of bone tissue. The important criterion for slice
selection or rephasing, namely that the magnetization iso-
chromats follow specific trajectories under large flip angle
pulses, is not the same as the small-flip-angle criterion in
step 2. The solid-state magnetization is flipped by short,
intense, small-flip-angle pulses even at large resonance
offsets, but does not respond to long pulses in the same
way fluid-state magnetization would (31) (e.g., some mul-
tiple quantum coherence might be generated, but no refo-
cusing would occur).

Although there are similarities between our sequence
and SPRITE (25), such as the excitation pulse applied
during a fixed gradient and the acquisition of FIDs instead
of echoes, there are significant differences. As its name
implies, SPRITE is essentially a single-point imaging tech-
nique that achieves spatial resolution by pure phase en-
coding at a significant cost in SNR (most of the FID data are
discarded), whereas our method achieves its spatial reso-
lution by pure frequency encoding (at a cost of requiring
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FIG. 2. Proton resonance frequency response to rectangular RF
pulses. Crosses: Experimental MR signal of a small water phantom
(ID � 	1.2 cm, height � 	0.6 cm) excited by an RF pulse of 8 �s
(90° pulse � 	45 �s) with various frequency offsets. Solid line:
Least-squares fit of the 8-�s pulse experiment with sinc(�x/
125000). Squares: Experimental MR signal of the same water phan-
tom excited by a pulse of 5 �s (90° pulse � 	45 �s). Broken line:
Least-squares fit of the 5-�s pulse experiment with sinc(�x/
200000).
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FIG. 1. k-Space trajectory of SMRI. Data samples in one repetition
are acquired under a constant magnitude gradient vector, the di-
rection of which varies from one repetition to the next. The solid
circles represent acquirable points while the empty circles represent
points lost in the receiver dead time. The arrow illustrates the
scheme for recovering the lost data by performing an additional
measurement under lower gradients and fewer gradient directions.
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gradients large enough to dominate spectral broadening).
The multipoint SPRITE technique (25) acquires additional
FID points to obtain T2 data or to recover some of the lost
SNR, but remains essentially a single-point method. The
intended application of imaging live subjects (with the
attendant requirement to keep long scan times as short as
possible) demands that the higher-SNR method be used.
Additionally, because preparation pulses are required for
bone matrix imaging, the advantage of the 100% gradient
duty cycle of basic SPRITE must be sacrificed.

Image Reconstruction

The image reconstruction is performed with the use of a
particularly efficient method (32). The data points in a
spherical polar coordinate system are first multiplied by
|k2| to compensate for the nonuniform density of the data
in the k domain. A Hann (sometimes incorrectly denoted
“Hanning”) filter is next applied to the k domain data of
each projection to reduce ringing artifacts at sharp edges in
the image. The weighted and filtered polar data are blurred
in k-space. It does not matter which blurring function is
used, as long as the effect of the blurring function can be
removed later. In the blurring function that we use, the
k-space sample amplitude falls off linearly in each direc-
tion with a slope equal to the sample amplitude/grid size.
The blurred data are then resampled onto a rectangular
Cartesian coordinate system, followed by a 3D Fourier
transformation. Finally, each point on the real space do-
main grid is multiplied by a function of distance from the
real space origin to compensate for the effects of the blur-
ring step (32). The size of the reconstruction grid is 643.

FOV and Spatial Resolution

The resolution limit of the projection imaging can be ex-
pressed as the projection pixel size (�xp), which one
achieves by setting the FOV and the number of indepen-
dent pixels (NIP) across the FOV:

�xP � FOV/NIP. [1]

FOV is determined by the size of the reconstruction
matrix (MMAT), the spectral width (WS), the gradient am-
plitude (G), the magnetogyric ratio �, and the number of
samples per scan (NPS):

FOV � MMATWS/(2�GNPS). [2]

NIP reflects the actual available linear spatial resolution
as limited by the reconstruction, and is usually less than
the number of discrete samples of the k domain data in
each FID. NIP is determined by the total number of projec-
tions (P), which we generate in a spherical polar coordi-
nate system along a number NR of equally spaced latitude
rings:

P � 
4NR)2/�, [3]

NIP � 
P/��1/2. [4]

Combining Eqs. [1], [2], and [4], we have

�xP � MMATWS/{(2�GNPS)(P/�)1/2}. [5]

If MMAT � 64, WS � 200 kHz, G � 160 mT/m, NPS � 80,
and P � 2934, then �xp is 0.4 mm, which is the protocol
used in this study. Again, this represents the true pixel
resolution as limited by the reconstruction.

The MR image resolution is also limited by the intrinsic
pixel size (�xi), which is determined by the resonance line
width (WL) and the gradient strength applied during the
imaging:

�xi � 
2�WL�/�G. [6]

�xi represents the limitation of the spatial resolution
due to properties of the subject (specifically, the chemistry
and physics of the bone tissue constituents). Assuming
that the linewidth of the observed solid state proton signal
is about 2 kHz, and the applied gradient is 160 mT/m, the
resultant �xi is 	0.30 mm, and if WL 	1.2 kHz, �xi

	0.16 mm. This means that in these two cases, the reso-
lution of solid-state projection imaging is more limited by
�xp and less by �xi.

Correcting Artifacts Caused by Missing Data Points in the
Receiver Dead Time

The FID cannot be sampled closer to its origin than the
extent of the receiver recovery time and probe ring down
time (henceforth both of these terms are lumped together
as “dead time” td) because the dissipation of the RF pulse
power in the probe losses and the recovery of the over-
loaded preamplifier require a finite duration, which leads
to erroneous initial data points. Another source of artifact
is the phase dispersion that occurs during the RF pulse.
Fortunately, the phase dispersion is quite linear across the
usable receiver bandwidth. Thus the phase dispersion can
be modeled as arising from an additional dead-time dura-
tion. The total dead time is then the acquisition delay due
to the receiver dead time and probe ring down, plus some
percentage of the RF pulse due to the phase dispersion. For
a linear system where the sinc pulse approximation is
valid, this percentage is theoretically 50%, but it can be as
much as 60% for a 90° pulse. In the present study the RF
pulse is very short, and the duration of half the pulse is
less than a sampling dwell time tdw; thus, only the k � 0
data point is lost during the RF pulse itself, and the miss-
ing data problem mainly arises from the dead time. The
dead time is particularly severe in SMRI because T2 is
short, the sampling rate is fast, and creating an echo is not
a practical option. These missing FID samples correspond
to samples within |klost|, the k-space close to the origin:

klost � �Gtd. [7]

Reconstructing an image from time-domain data with
several points missed in the receiver dead time without
any correction means that the time domain data are shifted
in k-space, in a manner not equivalent to simply translat-
ing the time origin (which would be correctable in post-
processing), but rather as data points that are moved radi-
ally toward the origin. This results in the Fourier trans-
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form being multiplied by position-dependent phase
factors. The magnitude of the phase shift varies linearly
with k and is proportional to the amount of time shift (the
dead time of the receiver). The intensity of the resulting
image, which is a magnitude mapping of the Fourier trans-
form of the time-domain data, would hence be seriously
distorted by the various phase shift factors at different
space positions.

Attempts to correct this problem by placing sampled
data in the correct k-space positions and assigning zeros to
the k-space positions of missing data are also not appro-
priate. The effect of setting the missing data to zero is
equivalent to taking a convolution of the true image with a
radial sinc function, which would depress the baseline of
the image, resulting in a dark ring surrounding the image.

Many approaches to estimating the values of the missing
points from the remainder of the data have been proposed
(33). Our alternative approach is to measure them directly
by means of a second acquired data set (34).

Let ti be the supposed sampling times for the missing
data, i � 1, . . ., ilost (ilost � the number of missing samples
per projection):

k
ti� � �Gti. [8]

k
ti� � klost. [9]

Equation [8] shows that for the same value of k, if the
amplitude of G is made smaller, then the sampling times ti
are replaced by longer ones. In other words, these missing
samples can be approximated by a second set of projec-
tions with much smaller amplitude gradients Gl (Gl �� G).
If Gl is small enough, it is possible that for acquirable
sampling times tj past the dead time, i.e., tj � td:

kl
tj� � klost, [10]

and

ksec � �Gltjmax 	 �Gtilost, [11]

ksec 	 klost, [12]

where ksec is the outermost position of this second data set
in k-space. Equations [10] and [12] show that the data
missed in the dead time of regular SMRI are recovered.
This scheme is illustrated in Fig. 1.

In this project we used two different methods to acquire
the second projection data with a reduced gradient. In one
method, termed the DW-increased (dwell time-increased)
method, the dwell time tdw (i.e., the time between sampled
complex data points) is increased by a factor C, so that the
new dwell time Ctdw is equal to the dead time (Ctdw �
tj�1 � tilost), while the gradient is reduced by that same
factor C. In this method the �k along a projection ray is the
same for both the first and second acquisitions. In the
second method, termed the DW-constant (dwell time-con-
stant) method, tdw is constant while the gradient is re-
duced by the factor of C. In this method the �k along a
projection ray is reduced by that factor of C in the second
acquisitions. In other words, in the DW-constant method,

some of the samples of this second data set are also lost in
the dead time while the others are oversampled, and a
subset of these are used to replace the missing data of the
regular data set.

The sample exactly at the origin of k-space does not
contribute to the reconstruction. The second set of data
requires many fewer projections than the first set because
the previously missing data do not extend far into k-space.
The number of rings in k-space required in the second
acquisition (NR2) can be approximately determined by the
number of rings used in the regular acquisition (NR1) and
the number of data points lost (NM) per FID in a recon-
struction matrix size of 643:

NR2 � NR1
NM � 1)/64. [13]

For NM � 6 and NR1 � 24, NR2 � 2 is sufficient. Except
for the differences in gradient strength and the number of
projections (P), all other pulse sequence and acquisition
parameters are the same for both data sets.

Since the missing data are recovered at later times in the
FID than they would be in the regular acquisition, a T2*
decay correction is applied in the second data set. Extend-
ing the maximum sampling time of the second data set
tjmax substantially past T2* would result in poor correction
because such late time data would be measured with poor
SNR. As long as T2* � tjmax, this T2* correction is minimal
and in many cases may not be necessary.

In the reconstruction, the second data set is blurred and
resampled onto the same rectangular Cartesian coordinate
system of the first data set. It is treated in the same manner
as the first set except for a weighting factor, which is the
ratio of the number of projections in the first set to the
second set, to compensate for the reduced number of pro-
jections. There is no requirement to have the projections of
the second data set align in any particular way with the
projections of the first data set. In the DW-constant method
an additional weighting factor, which is the ratio of �k in
the first acquisition to that of the second acquisition, is
applied to compensate for the increased sampling density
along a projection ray.

WASPI

In addition to the short-T2* problem that is common in
imaging of solid materials, the presence of the dominant
proton signal from fat and water in bone tissue is a major
obstacle to the measurement of the true organic matrix
density.

WASPI is a specially designed water- (WS) and fat-
suppressed (FS) proton projection imaging pulse sequence
that uses the large difference between the proton T2*’s of
the solid organic matrix and the fluid constituents of bone
to suppress the fluid signals while preserving solid matrix
signals, in contrast to conventional T2-weighted imaging.
The pulse sequence design is described in detail in Ref. 15.

The MRI experiments were carried out on a Bruker 4.7T
33-cm scanner equipped with a 400-mT/m gradient system
(Bruker BioSpin, Billerica, MA, USA). The 1H Larmor fre-
quency was 200.13 MHz.
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SMRI data were acquired under the following protocol if
not otherwise specified: The regular FID projection data
were acquired under fixed 160-mT/m gradient magnitudes
in 2934 directions at a sampling rate of 5 �s per complex
point. The short, hard pulse used to excite the signal was
8 �s in duration, the receiver dead time was 10 �s, the TR
was 0.15 s, and the FIDs were averaged over 16 acquisi-
tions. The same MRI parameters were used in the second
data set acquisition except that the number of projections
(P) was 20 and the gradient magnitude was 80 mT/m with
a sampling rate of 10 �s per complex point. The measure-
ment time was approximately 2 hr, including both the
regular and second sets of data acquisitions. Eighty com-
plex points of the FID were used in the reconstruction,
which effectively resulted in a 12-mm FOV in a 64  64 
64 cubic lattice.

WASPI data were acquired with pairs of �/2 pulses
(2–2.5 ms long) and � pulses (4–5 ms long), with frequen-
cies set at the water and fat chemical shifts. The separation
of these pulses was carefully arranged to reduce the pos-
sibility of water or fat echo formation. Other acquisition
parameters for the WASPI experiments were the same as
for the SMRI experiments.

Progressive saturation experiments were carried out to
measure the T1 of the solid bone matrix. Since T2 is much
shorter than the TR and its weighting effect on the signal
can be neglected, the data were fitted to the following
formula (35):

M � M0
1 � exp(�TR/T1))(sin�)

�(1 � (cos�)exp(�TR/T1�), [14]

where M0 is the initial magnetization, and � is the excita-
tion angle.

To obtain a better SNR in the small rat bone specimens
and a uniform B1 field over the FOV, we used a specially
designed RF probe with a 15-mm-ID coil. To minimize
dielectric losses in the sample, we employed a low-induc-
tance distributed coil design (two turns with an equivalent
capacitor C in series with each turn). Each turn consisted
of a split 8-mm-wide copper strip with a 4-mm gap be-
tween the turns. The splits in the 8-mm-wide strips min-
imize eddy currents, and the gap produces a more homo-

geneous RF field across the FOV compared to an equiva-
lent solenoidal coil. The unloaded Q for 1H was 360.

To image the rubber stoppers, we used a relatively larger
(ID � 15 cm) in-house-made birdcage coil.

Micro-CT (�CT ) Experiments

�CT (�CT40; Scanco Medical AG, Bassersdorf, Switzer-
land) was utilized to image the bone mineral content of the
intact rat bone specimens, and phantoms of dipotassium
hydrogen phosphate (K2HPO4) were used to convert linear
X-ray attenuation to equivalent bone mineral tissue den-
sity. The imaging parameters were as follows: 30 �m iso-
tropic voxel size, 200 ms integration time (IT), 55 kVp

average beam energy, 0.145 mA beam current, and 1024 
1024 image array size.

RESULTS

The importance of properly dealing with the receiver dead
time and the missing data was demonstrated in 1H SMRI
scans of a rubber stopper and a rat bone femur.

In the experiment on the rubber, the regular projection
data were acquired with WS � 200 kHz, FOV � 15 cm, and
P � 998. The excitation pulse was 12° (10 �s) and TR �
0.3 s. The receiver dead time was 10 �s, and the dwell time
was 5 �s. Because of the receiver dead time, the first two
data points in the k-space (not including the origin) were
not acquired. The second set of projection data (with the
weaker gradient) was acquired with the DW-constant
method discussed above. All parameters in the second
data acquisition were the same as those in the regular
acquisition except for FOV � 150 cm, and P � 20.

Figure 3 shows the images reconstructed under three
different schemes. Figure 3a shows the image recon-
structed without any corrections, which resulted in severe
distortions in the image. The intensities at the edge are
much stronger than the intensity at the bulk of the stopper,
although the true density of the stopper and the B1 field of
the birdcage coil are roughly uniform.

If the missing two points are set to zero and all the
measured data are shifted two points toward the positive
or negative k-space directions as appropriate (i.e., the mea-
sured data points are placed at the correct k-space posi-

FIG. 3. 1H SMRI of a rubber stopper. The
sampling dwell time was 5 �s per complex
point, and the receiver dead time was 10 �s.
Two data samples of the FID were lost in the
receiver dead time. a: Image reconstructed
without correcting the data position in k-
space, which resulted in severe distortion.
b: Image reconstructed by zero-filling the
missing data and assigning the acquired
data to the correct k-space positions. Most
of the artifacts were corrected, but a dark
ring surrounds the image. c: Image recon-
structed with additional data acquired under
a 10-fold lower gradient magnitude. The ar-
tifacts were fully corrected.
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tions without recovering the first two data points), the
resultant image is largely corrected from the artifact shown
in Fig. 3a. The intensity of the bulk of the rubber stopper is
generally uniform, with a standard deviation (SD) of 6%;
however, there are dark rings at the edge of the images of
rubber stopper, which means that the baseline was de-
pressed around the images (Fig. 3b). Finally, all of the
artifacts were corrected (Fig. 3c) when the second projec-
tion data set was used in the reconstruction to compensate
for the missing data.

In the SMRI experiment on a rat femur specimen shown
in Fig. 4, the receiver dead time was 20 �s due to a longer
ring-down of the RF power in the higher-Q coil. The num-
ber of missing data points was 4 with tdw � 5 �s. The
artifacts were more severe in the images reconstructed
without the second projection data set (Fig. 4a and b). A
second projection data set was acquired with the DW-
increased method, i.e., the tdw was increased from 5 �s in
the first acquisition to 20 �s in the second acquisition,
while the FOV was the same for both acquisitions at
12 mm. In the second acquisition, P � 20. We corrected the
artifacts caused by missing data by including the second
data set in the image reconstruction (Fig. 4c).

We expected a projection pixel size �xp � 0.4 mm for
SMRI images achieved under the protocol WS � 200 kHz
(tdw � 5 �s), P � 2934, G � 160 mT/m, and with the
second projection data set acquired by the DW-increased
method. This was demonstrated by imaging two closely
spaced 1.5-mm-OD capillaries filled with normal saline
(Fig. 5). The thickness of the capillary wall was 0.2 mm.
The distance between the centers of the two capillaries
was 1.5 mm and the total thickness of the adjacent walls of
the capillaries was 0.4 mm. In both the longitudinal and
axial directions there was a clear dark gap between the two
saline tube images that corresponded to the adjacent walls
of the capillaries. As discussed above, the spatial resolu-
tion in the SMRI images in this study was limited mainly
by �xp.

We conducted SMRI and WASPI experiments on
chicken bone marrow to adjust the water and fat suppres-
sion. Figure 6a shows the spectrum of freshly prepared
bone marrow from chicken radii. The water and fat peaks
are at 0.00 and –3.50 ppm respectively, in agreement with
the data reported in the literature (36). Figure 6b shows the
WS and FS spectrum of the same sample acquired with the
WASPI sequence without the projection gradient, in

FIG. 4. 1H SMRI of a rat femur specimen. The sampling dwell time was 5 �s per complex point, and the receiver dead time was 20 �s. Four
points were lost in the receiver dead time. a: Image reconstructed without correcting the data position in the k-space, which resulted in
severe distortion. b: Image reconstructed by zero-filling the missing points and assigning the acquired data to the correct k-space positions.
Most of the artifacts were corrected, but a dark ring surrounds the image. c: Image reconstructed with additional data acquired under a
fourfold lower gradient magnitude and dwell time of 20 �s. The artifacts were fully corrected.

Saline

End seal (glass)

Teflon tape

FIG. 5. 1H SMRI of two capillaries filled with saline.
The images were taken with number of projections
P � 2934, FOV � 12 mm, G � 160 mT/m in a 4.7T
scanner. OD of the capillary � 	1.5 mm, thickness
of capillary wall � 	0.2 mm, separation between
saline images � 	0.4 mm.
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which the water and fat peaks were suppressed to the
baseline. Figure 6c and d show the SMRI and WASPI
images of chicken bone marrow in a 4.6-mm-ID glass tube.
In the WASPI scan, the original 180° pulses (15) have been
replaced by 90° pulses. The signal of bone marrow is
suppressed in the WASPI images, except at the thin layer
near the surface, where the air/marrow interface might
distort the local field and cause failure of the frequency-
selective suppression pulses. Quantitatively, the bone
marrow signal in the WASPI image (Fig. 6d) is less than
4% of its SMRI signal (Fig. 6c). The FIDs were averaged by
four scans. The SMRI and WASPI images were recon-
structed with second data sets acquired by both the DW-
increased and DW-constant methods; in cases both the
gradients were reduced by a factor of 4. The general fea-
tures of the images reconstructed with these two methods
were identical, though the intensity of the image compen-
sated by the DW-increased method was somewhat stron-
ger.

Figure 7 shows the proton spectra of a rat femur bone
specimen that contained only hematopoietic marrow. The
single-pulse (8 �s) spectrum is featureless (Fig. 7a) except
for the strong water resonance. The WS and FS spectrum,
with the WS pulse frequency set at the peak of the reso-
nance in Fig. 7a and the FS frequency at 3.50 ppm upfield,
shows a broad resonance with reduced intensity (Fig. 7b),
the full linewidth of which measured at half height was

around 1.2 kHz (Fig. 7c). This resonance is considered to
be mostly contributed from protons in solid bone matrix,
either from water bound tightly to the matrix or from
protons on collagen molecules (see Discussion section),
since free water and fat signals were largely suppressed, as
demonstrated in the above chicken bone marrow experi-
ments. We eliminated other possible sources of proton
signal inside and near the RF coil by using nonproton
materials to construct the coil and sample-holder.

We carried out a series of progressive-saturation, 1D
WASPI experiments on rat femur bone specimens to mea-
sure the T1 of protons in the solid bone matrix. The WASPI
parameters were the same as discussed above, except that
the applied projection gradient was only in the z-direction
to reduce the total experiment time. The z-gradient was
applied to ensure that the observed signal was within the
FOV and hence only from the bone matrix. The signal was
averaged over 128 scans, and the TR was varied from 0.1 s
to 5 s. The fitting results of the measured data to Eq. [14]
showed that the proton T1 of the rat bone matrix was 	3.7
s and the excitation angle was 	16° at 8 �s, corresponding
to a 90° pulse of 45 �s (Fig. 8a). A measurement of the 90°
pulse with a 4.6-mm-ID tube filled 8 mm high with water
held at the center of the FOV showed the pulse length to be
approximately 50 �s.

A rat femur specimen and a tube (ID � 2 mm) filled with
freshly prepared chicken bone marrow (designated the “rat

FIG. 6. Proton spectra, SMRI, and WASPI
images of chicken bone marrow. a: Single-
pulse proton spectrum of the sample. Water
and fat peaks are at 0.00 and –3.50 ppm,
respectively. b: WS and FS spectrum of the
sample. The two peaks were reduced down
to the baseline. c: SMRI of chicken bone
marrow in a glass tube (ID � 	4.6 mm).
Left: Image reconstructed with the second
data set acquired by the DW-increased
method. Right: Image reconstructed with
the second data set acquired by the DW-
constant method (shown on the same gray-
scale level). d: WASPI of the same sample in
c. Images were reconstructed with a second
data set acquired by the DW-increased
method (left) or the DW-constant method
(right).

FIG. 7. Proton spectra of a rat femur bone specimen. a: NS one-pulse (8 �s) proton spectrum. b: WS and FS proton spectrum (shown in
the same intensity scale as a). The suppression pulse frequencies were set at the peak at a and 3.50 ppm upfield, respectively. c: The
vertical scale of b is enlarged 20-fold to display the linewidth, but the frequency scale is the same as that in a and b. The full width of the
observed resonance at half height is 	1.2 kHz.
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bone/chicken bone marrow sample”) were mounted in a
sample-holder (ID � 	13 mm) for spectroscopy and imag-
ing studies. The proton single-pulse spectrum of this sam-
ple shows three peaks, which are assigned to bone water
(0.00 ppm), chicken marrow water (–2.84 ppm), and
chicken marrow fat (–6.34 ppm) (see below) (Fig. 9). The
shift between the bone and chicken marrow water peaks is
due to magnetic susceptibility and shimming effects.

SMRI and WASPI experiments were carried out on the
rat bone/chicken bone marrow sample. Based on the above
T1 measurement, and taking a 16° excitation angle as the
Ernst angle, we chose a TR of 0.15 s. Each projection signal
was averaged over 16 scans, and the total measurement
time, including the second data-set acquisition, was ap-
proximately 2 hr. Except for the WS and FS pulses in the
WASPI experiments, all other parameters (i.e., projection
numbers, FOV, gradient strength, and dwell times) were
similar to those used for the SMRI and WASPI measure-
ments on chicken bone marrow as described above. When
three pairs of suppression pulses were utilized for WASPI,
with frequencies set respectively at the three peaks shown

in Fig. 9, all of the fluid-state signals were largely sup-
pressed. The darker features in nonsuppressed (NS) SMRI
images of the bone specimen (which indicate the location
of the solid bone substance by exhibiting a lower detect-
able proton density than the marrow space) spatially
matched the bright features in the WASPI images (Fig. 10).
This observation clearly demonstrates that WASPI pro-
vides the solid-bone/matrix-only images of the sample.

When only one pair of suppression pulses, set at the
frequency of 0.00 ppm (rat bone marrow water), was used,
the resultant WASPI image (Fig. 11a) showed that the
chicken marrow signal was not suppressed, but the mar-
row in rat bone was largely suppressed. This experiment
clearly demonstrates that the 0.00-ppm peak was contrib-
uted from rat bone marrow, which in these rats was largely
hematopoietic (watery) and relatively free of fat.

When two pairs of suppression pulses were set at the
frequencies of –2.84 and –6.34 ppm, the resultant WASPI
image (Fig. 11b) showed that the chicken marrow signal
was basically suppressed, but the marrow in rat bone was
not suppressed. This experiment demonstrates that these
two peaks (–2.84 and –6.34 ppm) were contributed from
the chicken marrow.

We conducted an experiment to determine whether the
shift between the water peaks of rat bone and chicken
marrow could be eliminated. Figure 12a shows the spec-
trum of the rat bone/chicken bone marrow sample after
careful shimming. The two water peaks merged, and the
fat peak was 3.50 ppm upfield from this peak. Figure 12b
shows the WASPI images taken with two pairs of suppres-
sion pulses with frequencies at the two peaks shown in
Fig. 12a. The signals of both the rat bone soft tissue and the
chicken bone marrow are suppressed, leaving only the
solid bone matrix.

�CT scans of the same rat femur bone specimen were
taken using the parameters described in the Materials and
Methods section. The resultant �CT images of 30 �m iso-
tropic voxel size were coarsened to an isotropic voxel size
of 150 �m to match the SMRI and WASPI images (Fig. 10).
The bright areas of the �CT images arise from the mineral
content of the bone substance, and should roughly match
the WASPI image, which represents the matrix content of
the bone substance. A reasonable geometrical correlation
between �CT images and WASPI images is observed.

FIG. 9. Spectrum of a rat femur bone specimen and chicken bone
marrow (one-pulse proton spectrum from a rat femur bone speci-
men and a tube of chicken bone marrow held in a sample-holder).
The water peak resolved into two peaks that were 	2.84 ppm apart.
The assignments of the peaks are described in the text.

FIG. 8. Proton T1 measurement of rat bone matrix. a: Data were
acquired with a progressive-saturation sequence and fitted to Eq.
[14], yielding T1 � 3.7 s and excitation angle � 16°. b: T1 curve-
fitting with a standard three-parameter exponential formula. The
fitting result showed a very short T1 � 0.45 s, and B (in Eq. [16]) �
0.68. The meaning of B is ambiguous and cannot be reconciled with
the exact expression except when the RF flip angle is near 90°. We
recommend not using this model for small flip angles.
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DISCUSSION

We have demonstrated the efficacy of including a second
data set acquired with the DW-increased or DW-constant
method in the reconstruction to correct the artifacts caused
by the missing data in k-space. However, reducing the
gradient strength in the second data acquisition will com-
promise the intrinsic resolution. For example, in the DW-
increased method, if the receiver dead time is 20 �s, one
should increase the tdw to 20 �s and reduce the WS to
50 kHz, which will reduce the gradient applied during the
second data acquisition by a factor of 4. According to Eq.

[6], the intrinsic pixel size �xi of bone matrix with a
resonance linewidth of 1.2 kHz will be four times larger
than the �xi 	0.16 mm in the first data set acquired under
the regular projection gradient strength. The overall reso-
lution will be reduced. It is always better to use the short-
est dead time that the scanner hardware and RF coil ring-
down will allow. In this study, the dead time in the imag-
ing of the bone specimens (Figs. 10–12) was set to 10 �s,
and the gradient was reduced by a factor of 2. The corre-
sponding �xi was 	0.34 mm, which is still less than the
projection pixel size �xp of 0.4 mm. Thus, it is reasonable

Photograph of rat 
femur and tube of 
chicken bone marrow

Non-
Suppressed

WASPI

µCT

Longitudinal View

Axial View

Chicken 
bone 
marrow

Non-
Suppressed

WASPI

µCT

FIG. 10. NS, WASPI, and �CT images of a rat distal
femur and a tube of chicken bone marrow held in a
sample-holder. The bone substance is darker com-
pared to the marrow spaces (due to proton-density
differences) in the NS images, but is bright in the
WASPI (suppression pulses at 0.00, –2.84, and
–6.34 ppm) and �CT images.

FIG. 11. WASPI of rat femur and chicken bone marrow with suppression pulses at various frequencies (shown on the same grayscale level).
Four successive image slices are shown. a: One pair of suppression pulses with frequency at 0.00 ppm. The soft-tissue signal of the rat
femur was suppressed but the signal of chicken bone marrow was not. This peak was assigned to rat bone water. b: Two pairs of
suppression pulses with frequencies at –2.84 and –6.34 ppm. The signal of chicken bone marrow was suppressed while the soft tissue of
rat femur was not. These two peaks were assigned to water and fat peaks of chicken bone marrow, respectively.
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to assume that the spatial resolution of the bone matrix
constituents is about 0.4 mm. Since the reconstruction
contains data obtained at two different effective spatial
resolutions (only a few—but very important—points are of
lower resolution), the overall loss of spatial resolution is
difficult to quantify. The correction data, which lie at the
center of k-space and therefore determine the intensity of
broad (low spatial frequency) regions, are less well re-
solved. The remainder of the data (which describe higher
spatial frequencies) tend to define edges of regions, and are
better resolved. If the images are used to evaluate the total
matrix content, this is a perfectly reasonable situation. If,
however, the images are used to spatially map the location
of matrix in microscopic detail, the compromise in spatial
resolution may be more significant, and a more intense
gradient in the second acquisition will be necessary.

The overall resolution of WASPI is limited by �xp when-
ever the projection gradient is large enough to reduce �xi

to relative insignificance. There are several ways to im-
prove �xp. One is to increase the number of data samples
per projection used in the reconstruction (NPS). This will
increase the maximum value mapped in k-space, kmax,
without changing other parameters, resulting in a smaller
�xp, since in principle, �xp 	 1/(2kmax). However, there
are two prominent factors that limit the maximum value of
NPS: The first factor is the short proton T2* of the solid
bone matrix (well after T2*, only noise is sampled). The
second factor is that as more data samples are used in each
projection, the distance in k-space between data samples
in adjacent projections becomes wider at high spatial fre-
quencies. It should be noted that this distance must be
compatible with the distance between adjacent data points
within a projection ray, or k-space will be undersampled at
the periphery. To avoid these problems, the second
method to improve �xp is to increase P, which will in-
crease the number of independent pixels (NIP), and hence
reduce �xp. The disadvantage of this method is that it
requires longer scanning times, since otherwise the SNR

will be adversely affected. Therefore, the balance between
resolution and SNR must be considered.

In the case of measuring the degree of mineralization,
several bone biopsy studies have pointed out that to accu-
rately diagnose defects in mineralization, it is very impor-
tant to use the mean values measured over many osteoid
(organic matrix) seams and over multiple stages in the
bone remodeling cycle, and not to use the quantities found
in one individual osteoid seam and at the instantaneous
stage of that osteoid seam (37). Until now, such measure-
ments could only be made by histomorphometry of biopsy
specimens. Therefore, the sampling could only be spa-
tially sparse and limited to a very few sites in the body
(e.g., the iliac crest) that are surgically accessible and not
likely to introduce serious risk of weakening a load-bear-
ing bone. In light of this observation, the 0.4-mm resolu-
tion should be adequate for accurately characterizing bone
matrix density in rat bone specimens. It is important to
recognize that it is unnecessary to spatially resolve indi-
vidual trabeculae when making this measurement, be-
cause broad spatial averages are in fact desirable.

In this study the SNR was 	50 in cortical bone and 	10
in trabecular bone. The signal intensity of cortical bone
was generally five times higher than that of trabecular bone
in WASPI images (Fig. 10). The bone specimens were from
healthy rats, and the BMD and the bone matrix density
should be proportional, assuming a fixed degree of miner-
alization. The ratio of proton signal intensity of cortical
bone over trabecular bone observed in this study is con-
sistent with our earlier 31P SMRI study of BMD (13).

We optimized the SNR by using the Ernst angle. In this
process it is important to measure the proton T1 of the
solid bone matrix and the exact excitation angle within
bone tissues. Since the proton T2* of solid bone matrix is
short and often comparable to the length of a � pulse, it is
not feasible to apply an inversion recovery pulse sequence
to measure T1 in most cases. Instead, a progressive-satura-
tion sequence is used to measure T1. If the excitation angle

FIG. 12. Spectrum and WASPI images of a rat
femur bone specimen and chicken bone mar-
row with better shimming. a: After careful
shimming, the shift between water peaks of rat
bone and chicken bone marrow was elimi-
nated. b: WASPI images were taken with two
pairs of suppression pulses with frequencies
at the two peaks shown in a. The signals of
chicken bone marrow and rat bone marrow
were both suppressed, leaving only the bone
matrix.
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is exactly 90°, the data can be fitted to a simple exponential
model:

M � A�1 � exp(�TR/T1�}. [15]

When the excitation angle is much smaller than 90°, as
is the case for these SMRI measurements, the more precise
expression for the magnetization (Eq. [14]) should be used.
If a standard three-parameter exponential formula

M � A�1 � Bexp(�TR/T1�}, [16]

is used, a deceptively satisfactory (i.e., low chi-squared)
curve fit can be obtained, but the fitted parameters may be
in error. For the same data reported in the Results section,
Eq. [14] resulted in T1 � 3.7 s and excitation angle � � 16°
(90° pulse duration � 45 �s), while Eq. [16] resulted in
T1 � 0.45 s and B � 0.68 (Fig. 8b). The exact physical
meaning of B in Eq. [16] is ambiguous. We therefore rec-
ommend using Eq. [14] rather than the standard three-
parameter formula (Eq. [16]) to achieve reliable results.

The achievable SNR in a given scanning time can be
expressed as:

SNR 	 (1/TR)1/2{1 � exp(�TR/T1)}

(sin�)/{1 � (cos�)exp(�TR/T1)}. [17]

Equation [17] shows that for a fixed scanning time T,
SNR is a very smooth function of TR between 100 ms and
200 ms with T1 � 3.7 s and � � 16°, provided that the FID
is averaged over N scans, where N � T/(TR  P). In this
study we chose TR � 150 ms.

The other issue related to the SNR and signal homoge-
neity is the excitation RF pulse length. As shown in Fig. 2,
although a 5-�s (10°) rectangular pulse excites rather uni-
formly across the 200-kHz frequency range, which is the
default WS in this study, the signal intensity is much
weaker than that obtained with the 8 �s pulse (16°). The
MR signal response to an 8-�s excitation pulse shows a
less uniform excitation profile but stronger signal. Consid-
ering that most of the regions of interest (ROIs) are within
75% of the FOV, and signal calibration (compensating for
the B1-field excitation profile) will be performed in quan-
titative image processing, we chose the 8-�s rectangular
pulse to provide a better SNR.

One could further improve the SNR by optimizing the
MR probe, striking a balance between the signal sensitivity
and the RF field homogeneity. RF homogeneity is always a
major concern in proton density MRI, and it is even more
so when WS and FS pulses are utilized in WASPI experi-
ments. In this study we improved the RF field homogene-
ity by applying a split solenoid design (two solenoid coils
instead of one long solenoid). Nevertheless, it would be
desirable to improve the sensitivity even further without
compromising RF field homogeneity. According to the rec-
iprocity theorem, the sensitivity can be measured by the
strength of the B1 field, expressed as the length of a 90°
pulse. In this study, the 90° pulse at the center of the
sample was about 50 �s. This probe was originally de-
signed as a dual resonant 1H/31P RF probe, and component
values were based on simulations of the losses in the

circuit in order to maximize 31P sensitivity (for bone min-
eral studies) with only a slight degradation for 1H. If we
could shorten the proton 90° pulse applied with the same
power to 25 �s by limiting the power loss, we could
significantly enhance the probe sensitivity and the overall
SNR.

It is very important to suppress bone marrow as a whole
in bone tissues to obtain the true measurement of the
density of the solid bone matrix. In our original study (15)
we used an on/off � pulse to further suppress the signal
from bone marrow by canceling residual z-magnetization
on alternate scans. In this study we found that suppression
with a selective � pulse is better than that with no � pulse
(depending on only the dephasing caused by the single �/2
pulse). However, in practice a number of factors can pre-
vent the � pulse from acting ideally, such as an incorrectly
set amplitude or a bandwidth that is set either too small or
too large. We found empirically that substituting a second
selective �/2 pulse for the selective � pulse improves the
water and fat suppression even more, possibly because a
�/2 pulse is partially self-compensating and may perturb
the solid-state signal less.

The use of the chicken bone marrow phantom imaged
with bone specimens enabled us to calibrate the degree of
water and fat suppression in the WASPI images. However,
the presence of the phantom affects the shimming, and the
phantom may reside at a different local B0 field, often
resulting in a shift between the water peaks in rat bone and
chicken marrow, as shown in Fig. 9. The marrow of rat
bone contains little fat, as reported in the literature, par-
ticularly in young rats. The fat peak of the rat bone marrow
is not visible in Fig. 9. It would be better to use an internal
suppression reference, such as a region within the rat bone
medullary cavity, where there is only bone marrow and no
solid bone substance. However, such ideal marrow-only
regions are hard to find in the medullary cavity within the
12-mm FOV of the distal femur, based on the observation
that trabecular bone exists in the medullary cavity in the
�CT images of the same rat distal femur (150 �m resolu-
tion and FOV of 1.2 mm) (Fig. 10). A more rigorous shim-
ming improved the B0 homogeneity and reduced the shift
between the water peaks of rat bone and chicken marrow,
and made the suppression more complete (Fig. 12).

The correlation between the dark regions in the NS
SMRI images and the bright regions in the WASPI and �CT
images of the rat bone specimens justifies the conclusion
that these regions represent solid bone matrix. Collagen,
the major component in the organic matrix of bone sub-
stance, is a highly ordered, motionally restricted, fibrous
structural protein that exhibits a huge number of unre-
solved proton resonances with T2* values ranging down to
tens of microseconds. The shortest T2* resonances are not
correctly described by the Bloch equations (which are
phenomenological and do not correctly predict the behav-
ior of coupled spins), but rather behave as strictly solid-
state spin systems. There is substantial evidence from
multinuclear solid-state spectroscopy that some collagen
side chains exhibit significant degrees of molecular motion
and yield relatively narrow resonances even in mineral-
ized tissue (38). It is only the longer T2* resonances asso-
ciated with the solid matrix, with spectral linewidths on
the order of 1 kHz, that contribute significantly to the
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WASPI images, because the shorter T2* signals are not
spatially resolved and contribute only broad background
intensity. Therefore, we detect in the WASPI images only
a fraction of the signal contributed by protons on collagen
molecules. The other source of the observed proton signal
comes from exchangeable protons on collagen, from water
strongly associated with collagen (this water exhibits a
much broader linewidth compared to free water), and from
motionally restricted free matrix water (which also has a
broad linewidth). The term “solid bone matrix signal” in
this paper refers to signal from all of these sources. How-
ever, one can translate the signal intensity measurement
from WASPI into a true bone matrix density measurement
by calibrating the solid bone matrix signal against a phan-
tom constructed with several compartments of various
densities of dry bovine tendon powder diluted with a
nonreactive, proton-free material, such as clean, dry quartz
sand. As long as a good correlation between the calibrated
WASPI image intensity under defined instrumental condi-
tions and the matrix content determined by a suitable
chemical analysis can be achieved, a measurement of true
matrix density can be achieved by WASPI.

The WASPI and �CT images shown in Fig. 10 were
selected because of their visual similarity, and no attempt
at precise image registration was made in this study. To
calculate the degree of bone mineralization, coregistration
methods, such as a calculus-based minimization proce-
dure (39), would be needed to align WASPI and �CT
images.

CONCLUSIONS

This study demonstrates that visualizing the solid matrix
of rat bone by WASPI with a 0.4-mm resolution is feasible.
One can correct the image artifacts caused by losing data
points in the receiver dead time by including additional
data acquired with a lower projection gradient strength,
which approximately recovers the missing data. Proton
solid-bone-matrix-only MR images of rat femur bone spec-
imens were obtained for the first time. This method pro-
vides a noninvasive means of measuring bone matrix den-
sity in small animals, and should be applicable to humans
when implemented on clinical scanners.

By combining WASPI measurements with CT or 31P
SMRI measurements of BMD, one will be able to determine
the degree of bone mineralization in rat bone. We envision
that this new approach will enable more-complete bone
scans than can be accomplished with existing methodolo-
gies. Such a complete bone scan would yield more infor-
mation than routine DXA or CT can provide, since it
would characterize the bone “quality” in addition to quan-
tity (usually considered equivalent to bone mineral con-
tent). The mineral density could be imaged by DXA or CT
as appropriate (considering the cost, body part, and radi-
ation exposure), or might also be imaged with 31P SMRI.
Detailed 3D bone geometry and microarchitecture could be
obtained with CT or high-resolution conventional MRI,
and matrix density could be imaged by WASPI, yielding
the degree of mineralization when combined with the
other image data.
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