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Abstract

Purpose—Methods for direct visualization of compact bone using MRI have application in 

several ‘MR-informed’ technologies, such as MR-guided focused ultrasound, MR-PET 

reconstruction and MR-guided radiation therapy. The specificity of bone imaging can be improved 

by manipulating image sensitivity to Bloch relaxation phenomena, facilitating distinction of bone 

from other tissues detected by MRI.

Methods—From Bloch equation dynamics, excitation pulses suitable for creating specific 

sensitivity to short-T2 magnetization from cortical bone are identified. These pulses are used with 

UTE subtraction demonstrate feasibility of MR imaging of compact bone with positive contrast.

Results—MR images of bone structures are acquired with contrast similar to that observed in x-

ray CT images. Through comparison of MR signal intensities with CT Hounsfield units of the 

skull, the similarity of contrast is quantified. The MR technique is also demonstrated in other 

regions of the body that are relevant for interventional procedures, such as the shoulder, pelvis and 

leg.

Conclusion—Matching RF excitation pulses to relaxation rates improves the specificity to bone 

of short-T2 contrast. It is demonstrated with a UTE sequence to acquire images of cortical bone 

with positive contrast, and the contrast is verified by comparison with x-ray CT.
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Introduction

Techniques for imaging a wide range of anatomy with good contrast have made magnetic 

resonance (MR) imaging a valuable tool in many aspects of clinical practice. The 

development and maturation both of MR imaging-guided interventional procedures, such as 

MR-guided focused ultrasound (MRgFUS) (1, 2) and image-guided radiation therapy 

(IGRT) (3), and of multi-modal imaging technologies, such as MR/PET, has heightened 

interest in making bone visible in MRI. The attenuation correction (AC) step of MR/PET 

reconstruction and the planning steps of MRgFUS procedures (4) and IGRT (5) all require 
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knowledge of bone structure and composition. To this end, ‘ultra-short echo time’ (6) and 

‘zero-echo time’ (ZTE) (7, 8) imaging methods have been explored for acquiring MR bone 

images (9–11), since a salient feature of cortical bone is very short T2 relaxation time (10, 

12). Accordingly, one common approach to bone MRI is estimation of T2 and classification 

from the estimate (4, 13). Another strategy is suppression of long-T2 signals so that image 

contrast is specific to short-T2 anatomy (10, 14). Strategies that distinguish bone from other 

anatomy by proton density—rather than T2—have also been demonstrated (11).

An example use of bone imaging is in MRgFUS procedures targeting bone metastases. 

These procedures currently use previously-acquired CT images registered to MR images 

acquired on the treatment day for evaluation of bone integrity. This registration can be 

difficult because the CT and MR images are often acquired with the patient in different 

positions. In addition, the CT images may be acquired weeks in advance, so they may no 

longer accurately depict tumor size or bone integrity. As such, an integrated in-place, ‘day-

of’ imaging technique available from MR may improve image guidance. MRI also does not 

use ionizing radiation, so if substituted for CT its use in bone imaging avoids radiation dose.

A central challenge in using UTE- or ZTE-type pulse sequences is developing adequate 

contrast (15, 16). A number of approaches have been proposed, generally relying upon 

acquisition of multiple echo images at different time-delays following an excitation RF pulse 

(17) or upon using preparation pulses to condition the longitudinal magnetization prior to 

excitation for image acquisition (14, 18). The latter strategy is suitable for ZTE sequences 

(19–21).

Here a method capable of creating or augmenting relaxation-parameter contrast that is 

compatible with UTE imaging techniques is presented. By selecting RF excitation pulse 

parameters to manipulate the extent of concurrent relaxation and excitation (22), a method 

for altering relaxation-dependence of contrast is introduced. Then, independently of or in 

concert with other sequence specifications such as tip angle or echo time, it is possible to 

adjust the excitation pulse dimensions to match a particular T2 relaxation rate, and thereby to 

improve short-T2 contrast.

The purpose of this work is to demonstrate the relaxation-matched excitation technique in 

phantoms and in vivo using a multi-echo UTE pulse sequence with parameters selected to 

create short-T2 (or short- ) contrast from the excitation. When used with UTE echo 

subtraction, this augments the contrast otherwise available and enables specific depiction of 

bone with positive contrast relative to soft tissue. With simple normalization for proton 

density included, it potentially also distinguishes compact bone from cancellous bone with 

image intensity. When these relations are exploited to develop short-T2 contrast and are 

applied in conjunction with UTE echo subtraction, the acquired images can be made to give 

CT-like contrast, i.e. to have a signal intensity pattern apparently indicative of bone 

compactness, possibly by being sensitized to calcification. The demonstrated contrast in 

bone can be validated by direct comparison to x-ray CT, which is done here by retrospective 

registration and resolution-matching of CT data available from the same subjects scanned by 

MR. With its suitability for enabling in vivo UTE bone imaging shown here, incorporating 

this technique with MR-integrated imaging technologies and interventional procedures, such 

Johnson et al. Page 2

Magn Reson Med. Author manuscript; available in PMC 2018 February 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



as MR/PET or MRgFUS, can improve guidance, simplify work ow and reduce radiation 

dose.

Theory

MRI uses a strong longitudinal (z) magnetic field B0 to establish magnetization and 

resonance ω0 = γB0. In the Bloch description, a radiofrequency (RF) pulse applied at the 

resonance tips longitudinally-aligned (along-z) magnetization into the transverse (x, y) 

plane. Magnetization always undergoes decay within the x, y plane (T2 relaxation) and 

recovery to the z axis (T1 relaxation). When local field perturbations (ΔB0) exist, e.g., from 

susceptibility differences or chemical shielding, the resonance frequency is proportionately 

shifted (Δω0 = γΔB0). From these dynamics pulse sequences that manipulate the number, 

intensity and timing of pulses can be used to induce signal dependence upon Bloch 

parameters. This is a widely-used strategy for generating tissue contrast in MR images (23). 

For example the echo time (TE) can be shifted to create T2 contrast, a common strategy for 

creating short-T2 sensitivity (17). To analyze the effect of pulse timing upon contrast, pulses 

are typically conceptualized as occurring instantaneously, with relaxation, rotation and 

precession applied independently (23–26).

In the particular case of UTE sequences, it can arise that relaxation and RF rotation effects 

are not accurately considered as independent from the perspective of describing image 

contrast. However, UTE-type pulse sequences often are implemented with maximum-power, 

short-duration RF excitations, which for most clinical systems renders intra-excitation 

relaxation insignificant (27).

Echo shifting

The T2 relaxation phenomenon always decreases Mxy, exponentially in time with time-

constant T2 = 1/R2, so that at any time t after excitation Mxy has been reduced proportionally 

by e−R2T. Thus if one image is acquired at the echo time TE (Fig. 1) and another at a shifted 

echo time TE + ΔTE, a difference between the two images will be weighted by T2 sensitivity 

e−R2ΔTE(1−e−R2ΔTE). The selection of TE and ΔTE can allow a ‘band-selective’ sensitivity 

in T2 (Fig. 2a).

RF Pulses

Beyond setting the tip angle α in designing excitation pulses, the pulse duration p and 

amplitude a (Fig. 1) can also be selected to manipulate relaxation-dependence in the image 

contrast. For any particular α, if p (equivalently, a) is selected to balance the competing 

effects of relaxation and excitation, the nutation can be made selective in T2 (Fig. 2). This is 

the mechanism central to design of T2-selective preparation pulses (14, 28, 29). Its effect can 

be seen as analogous to that of changing TE to alter T2 contrast (Fig. 2).

Generally, the selectivity of some particular pulse parameters can be mapped by computing 

Mxy from Bloch simulation with a discrete time-step (zero-order hold) approximation, for 

which the closed-form solution to each time-step is formulated. For some sequences, the 

solutions can be ‘layered’ for each time-step and the calculus carried through to find closed-

form expressions for the relationships between relaxation parameters and magnetization 

Johnson et al. Page 3

Magn Reson Med. Author manuscript; available in PMC 2018 February 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



amplitudes (30–32). Detailed descriptions of the general relations governing these 

computations are provided in an appendix.

A specific circumstance of interest is an excitation pulse of amplitude B1 = ω1/γ generated 

perpendicularly to a relaxing magnetization for some non-zero duration, which describes a 

hard pulse applied on resonance. In this case there are only two relevant dimensions, so the 

system matrix of the Bloch equation is

The matrix A is diagonalizable as A = VΛV−1, with V orthogonal and Λ = diag(λ+, λ−) 

diagonal. The eigenvalues are

A simple derivation is included in the appendix. As the ‘time-evolution operator’ for the 

time period is etA = VetΛV−1, it is the discriminant of the eigenvalues expression that 

indicates whether the excitation (B1) can overcome relaxation (R1 and R2). If the 

eigenvalues have an imaginary component, the system is ‘under-damped’, and it is possible 

to nutate the magnetization without destroying it. Therefore the condition for significantly 

exciting magnetization in the presence of relaxation effects is

This condition can explain a scenario of particular interest. During excitation without 

appreciable T1 relaxation, the ‘critical’ transverse relaxation rate is is  —i.e. 
magnetization relaxing faster than this will ultimately be driven to 0. Thus, if magnetization 

experiences non-negligible relaxation during the excitation pulse, the RF pulse effect is not 

purely a rotation, but rather the pulse also modifies the magnetization amplitude (Fig. 3). 

The ‘efficiency’ of an excitation pulse, Mxy/sin(α) for Mxy immediately following the pulse, 

will then vary depending upon T2 and α. For example, a 1 ms 90° RF pulse yields only 45% 

excitation from a 0.5 ms-T2 magnetization. A 90° pulse can be performed in less than 1 ms 

on many clinical systems, but even a minimum-duration pulse with  of 20 μT yields 

only 76% of the expected signal from the magnetization, which relaxes faster than the 

critical rate of 0.59 ms. A fuller illustration of excitation and relaxation dynamics is included 

as supporting information, which describes the full range of nutation with T2 relaxation 

(Sup. Fig. S1). This facilitates calculation of efficacy for excitation (Sup. Fig. S2), saturation 

(Sup. Fig. S3) and inversion (Sup. Fig. S4), which can be used to design pulse amplitudes or 

summarize their effects without implementation of Bloch simulations.

On this principle, the pulse duration p can be adjusted to match the desired T2-sensitivity 

and thereby manipulate T2 contrast. For a particular nominal tip α—which is the net pulse 7 
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area scaled by γ—in the case of T1 ≫T2, the critical T2 scales linearly with the pulse 

duration: . If the desired T2 contrast is signal from 

only longer-T2 magnetization, the pulse duration p can be chosen to give a T2-cutoff below 

the desired range. Images acquired of magnetization excited by this pulse with a broadly T2-

sensitive sequence, such as UTE, will then show the desired contrast.

If signal only from magnetization within a specific range of T2 is desired, two durations p1 

and p2 may be chosen so that the sensitivity transitions bracket the range of interest (Fig. 

4a). Then two images can be acquired—one using each pulse, but otherwise formed with the 

same imaging parameters—that have differing T2 sensitivity. By computing a difference 

image, a specific T2-contrast that positively highlights spins relaxing with a chosen range of 

T2 values can be created.

Acquisition interleaving

As a practical matter, because imaging times for three-dimensional (3D) UTE sequences can 

be relatively long, subtraction of images can become sensitive to motion between 

acquisitions. An effective strategy for mitigating motion artifacts is interleaving of the 

encodes for each acquisition—e.g., pulse A, encode 1A – pulse B, encode 1B – pulse A, 

encode 2A – etc. This alters slightly the steady-state for each image, but the effect may be 

beneficial and can be considered another mode of contrast manipulation. Specifically, for 

short-T2 imaging this effect is salutary since it gives added emphasis to short-T2 

magnetization (Fig. 4a) by producing a longer effective TR for it.

A further degree of exibility can be realized by using two pulses with slightly different tip 

angles together to further shape the sensitivity profile. For example, to highlight short-T2 

structures and suppress long-T2 ones, an imaging sequence can be assembled that alternates 

between exciting to some tip angle α using a high B1 amplitude and some slightly larger tip 

angle α + δα using a low B1 amplitude (Fig. 4a). Depending upon RF system fidelity, this 

may occur unintentionally. The short-T2 magnetization remains emphasized and has positive 

difference, but long-T2 magnetization has negative difference. This can improve robustness 

for thresholding classification of long- and short-T2 components. In addition, these 

techniques are compatible with contrast manipulation by echo time, and offer a 

complementary method of shaping the T2 sensitivity (Fig. 4b). For in vivo imaging, this 

complementarity is leveraged to create compact bone-specific sensitivity.

Other phenomena

An obvious potential confound to assumption of on-resonance excitation is any local field-

deviation or off-resonance Δω0. Generally, off-resonance will diminish the ‘tip’ effect of any 

single RF pulse, but its impact upon magnetization can differ according to T2. A short-T2 

magnetization has a different spectral response than a long-T2 magnetization has, so the 

bandwidth of all excitation pulses must be broad enough to accommodate both, or any 

difference image will also be sensitized to Δω0. For some specific cases, such as creation of 

short-T2 contrast, the biologically relevant ranges of off-resonance are tolerated without 

additional compensation (Fig. 5). However, as field strength increases and typical off-
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resonance cycle periods become shorter, the range of T2 values that can be distinguished is 

diminished.

An additional factor in image intensity is the amount of available magnetization. When 

using multiple pulses and images to create particular relaxation sensitivity, a ‘raw’ difference 

|1| − |2| is intrinsically weighted also by the steady-state magnetization strength. As the 

steady state amplitude is strongly dependent upon proton density, a normalized difference (|

1| − |2|)/(|1| + |2|) image can relieve such intensity biases. In all subtractions, magnitude 

images (rather than complex images) are used to avoid introducing sensitivity to phase 

accrued during the excitation. A complex subtraction is highly sensitive to off-resonant 

magnetization.

Methods

Validation of the relaxation-selectivity in excitation concept was performed by MR imaging 

experiments with excitation pulses chosen according to the described dynamics. Amplitude 

and width specifications were applied to the excitation tip pulse of a 3D UTE-style sequence 

(Fig. 1).

RF pulses

Two excitation pulses were specified with durations of 40 µs and 256 µs for 15° tip to image 

phantoms. The slower pulse fully excites (within 5% of max.) magnetization having T2 

longer than 2.5 ms, so a difference image is sensitized to T2 values below 2 ms.

In vivo compact bone is expected to have significant populations of magnetization with T2 

values of approximately 0.1 ms and 0.4 ms, and also to have some additional populations 

having 1ms and greater values (10, 12). Therefore pulse-widths of 32 µs and 512 µs were 

used, creating a wide difference profile around the cortical bone T2 range (Fig. 4).

In both phantom and in vivo imaging, the tip angle and duration of the short pulse were 

constrained to use the nominal maximum B1 provided by the scanner.

The T2 excitation profiles over a range of Δω0 were also calculated by Bloch simulation to 

verify that over the expected range of off-resonance the selected short-T2 contrast would not 

be altered (Fig. 5). In this case, for example, at 450 Hz off-resonance for lipids at 3 T, the 

off-resonance cycle period is still long enough relative to the pulse durations that this effect 

does not confound.

Sequence and processing

For phantom and in vivo imaging, two sets of images were acquired with different pulse 

durations but otherwise identical sequence parameters. The echo times for in vivo datasets 

were also paired to the excitation pulse, so that after the fast pulse a short TE is used (image 

set ‘A’), and after the slow pulse a longer TE is used (‘B’). For further insight into the MR 

contrast, additional MR images pairing the fast pulse with a longer TE (‘C’) and the slow 

pulse with a short TE (‘D’) were also collected. A conventional method for highlighting 

short-T2 components is to change only the TE and form a ‘UTE subtraction’ difference 
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image—i.e. to use A and C for subtraction (15). The sensitivity profile in difference images 

formed with these alternatives are biased differently (Fig. 4b). A 3D gradient-echo UTE 

sequence with facility for specifying excitation durations independently of tip angle and 

capability of interleaving encodings was used for acquisitions (Fig. 1).

Difference images formed from A and B, C or D are all generally sensitized to short-T2 

signals. Subtractions of B from A are relatively specific to cortical bone signals, which UTE 

subtraction (A–C difference images) are not, and also have broad sensitivity to the cortical 

bone T2 range, which pulse-only (A–D) differences do not (Fig. 4b). If UTE subtraction 

were performed with a much shorter second echo time, the result would be similar to the 

pulse-only subtraction (Fig. 2). Image intensities are also strongly dependent upon proton 

density. Cortical bone has a low proton density (13), so normalization mitigates this image 

intensity ‘bias’. Computing normalized differences with A and B creates ‘MR-simulated-

CT’ (MR-sim.-CT) images then with intensities indicative of cortical bone content, as in the 

range of T2 targeted, the portion of signal attributable to short-T2 is expected to correlate 

with bone mineral density (33).

To gauge the similarity of information provided by x-ray CT and by MR-sim.-CT, MR head 

images were acquired of patients from whom CT datasets were available. Scans were 

performed with informed consent. The CT scans were acquired at 140 kVp with 0.49 

mm×0.49 mm in-plane resolution on a clinical scanner (GE Lightspeed VCT), and images 

were reconstructed using the ‘Medium’ filter and ‘Bone’ or ‘Bone Plus’ convolution kernels. 

The acquisition slice thickness was 1.25 mm for subject 1 (75 y/o male) and 0.65 mm for 

subject 2 (86 y/o male).

To facilitate a voxel-wise comparison between MR image intensity and CT Hounsfield units 

(HU), the CT volumes were registered and downsampled by bilinear rigid transformation to 

match the MR-simulated-CT image volumes using the Matlab image registration tool-box. 

The registration is only performed for comparison purposes, and it is not necessary if 

directly using the MR images for MRgFUS planning or for MR/PET AC. However, for 

voxel-wise comparison, it is critical that the registration be accurate. Therefore, for intensity 

comparison, regions of interest were drawn in several slices over a posterior section of the 

skull deemed by visual inspection to have good registration, since achieving a registration 

correct for each voxel in the head is challenging. The posterior of the head tends to be better 

registered because during each scan it is the best-immobilized region; its SNR in MRI is 

higher due to its relative proximity to the coil; and in the MR scan it is closest to iso-center, 

where gradient non-linearity distortion is least severe. Within this well-registered region, a 

subset of voxels were also identified by visual inspection as cortical or medullary bone. 

These were used to form class-wise comparison of intensities in compact and cancellous 

bone for investigating the feasibility of performing more complex bone classification with 

either modality.

Phantom imaging

Sequence parameters for phantom imaging were 3D isotropic 25 cm FOV, 1.25 mm 

resolution, 15° tip, 9 ms repetition, 40 µs echo, 4.2 min scan time. A 1.5 T clinical scanner 

(GE Signa Excite) was used for acquisition with a body transmit coil and a receive-only 
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eight-channel head array (MRI Devices Corporation, ‘8ch High Resolution Brain Array 

(Receive Only)’) A phantom proof of principle was performed using water bottle phantoms 

containing a solution doped with manganese-chloride (MnCl2) to varying concentration 

(Fig. 6), which induces differing T1 and T2 properties (34). The phantoms were filled with 

26.0, 13.0, 6.51, 3.26, 2.18, 1.64, 1.31, 0.665 and 0.275 mM MnCl2, creating (T2, T1) values 

of (0.500,5.18), (1.00,10.3), (2.00,20.6), (4.00,41.0), (6.00,61.1), (8.00,81.0), (10.0,100), 

(20.0,195) and (50.0,449) ms respectively. Image acquisitions for each tip pulse were 

interleaved, theoretically eliciting the ‘pulse-only’ contrast profile for imaging sensitivity 

(Fig. 4).

In vivo imaging

In vivo imaging was conducted with 28 cm FOV, 1.14 mm resolution, 12° tip, 8 ms 

repetition, 34 µs/2.034 ms echoes, 12 min scan time using a 3 T clinical scanner (GE 

Discovery MR750); transmit and receive coils were chosen according to anatomy scanned. 

UTE subtraction at 3 T typically uses a later echo time not shorter than 2 ms to allow lipid 

rephasing. Receive arrays with spatial sensitivity extent of approximately 28 cm or smaller 

in any direction were chosen.

Imaging was performed in the head, upper torso, pelvis and leg. The body transmit coil was 

used in all cases except the leg. Head images were acquired from an eight-channel head 

array (Invivo Corporation, ‘HD 8Ch HiRes BRAIN ARRAY’); torso images from an eight-

channel shoulder coil (NeoCoil, ‘HD 3.0T 8Ch Receive Only Shoulder Coil’); pelvic images 

from a six-channel, two-piece ‘ex’ array coil (GE Medical Systems, ‘3.0T GE 6-Channel 

Phased Array Flex Coil’); and leg images from an eight-channel knee coil (Invivo 

Corporation, ‘3T HD T/R KNEE ARRAY’).

Acquisitions were encoded as a 3D isotropic volume and reconstructed in the axial 

orientation. For shoulder, pelvic and leg images, a 3D multi-planar reformat (MPR) was 

used to find orientations aligned with the bones of interest. In all in vivo acquisitions, image 

encodings for each tip pulse were interleaved to avoid motion artifacts in a difference image.

Results

Phantom imaging

Experiments with MnCl2-doped water bottle phantoms demonstrate that the proposed 

manipulation of relaxation-parameter contrast by matching the excitation pulse dimensions 

to relaxation is feasible (Fig. 6). When imaged with a ‘fast’ excitation pulse, all phantoms 

give relatively strong signal; however, when excited by a ‘slow’ pulse, the short-T2 

phantoms are excited to a lesser degree, while the moderate- and longer-T2 phantoms do not 

give significantly different responses. For short-T2 signals, the intensity difference can be 

significant even for very small changes in excitation pulse duration, as is evident from a 

difference image.
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In vivo imaging

The modified T2 sensitivity afforded by relaxation-matched pulses gives good specificity for 

bone imaging. In head imaging, the fast pulse with UTE (Fig. 7, ‘A’) creates nearly full 

excitation and detects all anatomy including the skull, but the soft tissue signal is much 

stronger primarily due to its larger equilibrium magnetization. However, the slower-pulse 

image acquired at a later echo time (Fig. 7, ‘B’) selectively avoids excitation and reception 

of signals from the skull bone, so that a subtraction (Fig. 7, ‘|A| – |B|’) clearly reveals the 

skull form and suppresses longer-T2 structures. As compared to UTE subtraction (Fig. 7, ‘|

A| – |C|’), the A–B difference is much more specific to bone signals. It also captures more 

signal from bone than does the pulse-only difference image (Fig. 7, ‘|A| – |D|’).

The A–B difference image still retains proton-density weighting. The normalized difference 

MR-sim.-CT images (Fig. 8) show intensity enhancement patterns similar to those observed 

in x-ray CT, which in CT images are interpreted as distinguishing between cortical compact 

bone and medullary spongy bone. Additionally, the bone signals are detected with positive 

contrast, while the air does not give bright signal, which is often a challenge for methods 

that identify bone from inverted image intensity or absence of signal. Some elements from 

the coil housing and padding inserted for patient comfort are also highlighted in the 

difference image. These can be removed by a signal mask formed from the ‘slow’ image, but 

masking was not performed in some images to allow comparison of the bone with the air.

With a CT volume registered to the MR images, a voxel-wise comparison of the MR 

difference signal intensity against the CT Hounsfield units demonstrates the similarity of 

contrast (Fig. 9). The registration was not accurate everywhere in the head, but a portion of 

the posterior region was adequately successful to allow signal comparison. The cross section 

shows tracking of intensities between the two data sets, and a scatter plot for all bone from 

the delineated regions of interest illustrates the correlation between the parameters. For one 

subject the sample correlation between MR-sim.-CT intensity and CT HU is 0.683 (1737 

samples), and for the other it is 0.702 (1710 samples). Bone can be distinguished from soft 

tissue according to the MR difference intensity. Furthermore, the sub-classification of bone 

types indicates that the cortex regions of the skull bone tend to have both high MR-sim.-CT 

signal and high HU, while the medullary regions tend to have low signal and low HU.

The MR imaging method can be applied to other anatomy also (Fig. 10). Imaging the upper 

torso reveals bone structures from the shoulder, with hyper-intense signal from dense bone 

in the humerus, ribs and scapula in particular. In the pelvic region, the ilium and femur are 

well visualized by the fast/slow RF difference image. The bowel, which can contain gas or 

stool, also shows bright intensity, as the images are sensitized to the large off-resonance 

arising from susceptibility changes. An image volume from the lower leg also clearly shows 

the tibia and fibula.

Discussion

The basic principle of relaxation-rate matching RF excitation pulse dimensions to 

manipulate contrast has been demonstrated here using a UTE sequence for a short-T2 
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imaging application. Images showing positive contrast in short-T2 cortical bone have been 

created, demonstrating the principle.

The manipulation is premised upon linear response of the RF system; however, this can be 

challenging to ensure. In particular, it is assumed that the amplitude and duration of the 

applied RF field can be controlled in a known manner for all of the excitations. For example, 

with two pulses (similar to Fig. 1), it would be assumed that halving the amplitude and 

doubling the duration of one pulse can be done accurately so as to maintain equal area with 

the other. Typically there is good fidelity in duration of a pulse. It can occur, though, that the 

stronger pulse pushes the RF amplifier into saturation, while the other pulse does not, so that 

their net areas are not equal. In the context of short-T2 imaging, this is not troublesome 

because the result is effectively a larger tip angle for the slower pulse, which creates negative 

long-T2 signal in a subtraction image (Fig. 4a). In other applications, though, it may be 

necessary to calibrate and correct for such behavior, either by amplitude pre-emphasis or 

using full characterization.

Matching excitation to a relaxation rate is relatively simple to achieve for RF hard pulses, 

but it can be more complicated for shaped pulses, for example those used in slice selection. 

Here, spatial localization has been achieved using limited receive coil sensitivity extent. The 

localization can alternatively be achieved using a transmit coil with limited sensitivity 

extent. However, it may be impractical to find a set of coils with the desired extent and to 

position them suitably.

Another potentially important consideration is the effect of off-resonance upon the excitation 

response. To avoid mixing sensitivity to local field changes with the relaxation-parameter 

dependence, all the applied pulses must elicit a similar spectral response over the range of 

frequency shifts present in the sample. This means the narrowest-bandwidth pulse should 

have bandwidth wider than the off-resonance spectrum of the sample. Since the relaxation 

and spectral response are not independent, it can be impractical to manipulate intermediate-

and longer-T2 or -T1 sensitivity in this way. Therefore possible adaptation to tendon or 

ligament imaging may not be straightforward, but it is not a challenge for the bone imaging 

applications presented here.

Manipulation of the T2-relaxation sensitivity profiles performs well for in vivo imaging of 

bone structures. It may be the relaxation phenomenon being exploited is actually , but for 

the ranges of interest and strengths of RF fields available as standard, it is not practical to 

make a distinction unless the rates differ by multiple orders of magnitude. The mechanism 

by which compact bone gives hyper-intense signal in an image specifically sensitized to 

short-T2 is not known definitively. Results from NMR studies of bone indicate that collagen-

bound water has short T2 (12); and that the proportion of collagen-bound water in a sample 

correlates with the peak stress and yield stress of the sample, and these quantities correlate 

with the bone mineral density (33). So in more compact bone, the T2 spectrum may be 

expected to shift into the region of T2 sensitivity targeted by this technique, thereby 

enhancing its signal.
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Relatively high correlation between the MR-sim.-CT signal and CT HU was shown (Fig. 9), 

but the correlation depends heavily upon registration accuracy. While bone composition 

varies across subjects, the outer regions of the skull tend to be comprised of compact bone, 

and the middle portion is often spongy bone. The similarity of MR-sim.-CT signal 

amplitudes and CT HU in sub-regions drawn from visual identifications of bone types 

indicates that beyond classification of ‘bone’ and ‘not bone’, it is also possible to make 

richer classification of bone types using either parameter. For some cases (e.g., Fig. 9, 

subject 2) and some applications, a two-class model for bone may still be overly reductive—

as may be a linear fit—but generally the MR-sim.-CT images provide similar information to 

the x-ray CT images. This indicates the MR images can provide information that is useful to 

MR-guided interventional procedures. For example, they may improve MRI-based phase 

selection for MRgFUS brain treatments, since the skull composition can dramatically affect 

ultrasound phase aberrations. Additionally, during planning for MRgFUS bone metastasis 

treatments they may help to assess the integrity of the bone cortex.

This method develops positive contrast from cortical bone primarily by sensitization to 

short-T2 signals. However, anatomy other than bone can also show real or apparent short T2. 

For example, interfaces with air or gas create rapid signal decay, as noted near the bowel. 

Additionally, if images are acquired at echo times such that relative phase between lipid and 

water resonances differs, intra-voxel dephasing in heterogeneous voxels can mimic T2 decay. 

Other methods for sensitizing MR image intensity to bone compactness, such as inverse 

proton-density-weighted ZTE acquired images, can be confounded by and require correction 

for spatial variation in transmit or receive sensitivity (11). Varying sensitivity is not a severe 

complication for this technique because the same variations weight all acquired images, so 

normalization of the subtraction effectively removes the unwanted intensity weighting 

imposed if such variation exists.

Conclusion

A mechanism for introducing relaxation-parameter-specific contrast into images by 

matching the RF excitation pulse dimensions to a particular relaxation rate has been 

described. The technique uses the Bloch equation to choose amplitudes and durations for the 

excitation pulse that can balance the competing relaxation and excitation phenomena. 

Applied in conjuction with echo time-shifting, this facilitates specification of a UTE pulse 

sequence capable of making short-T2-specific images that clearly depict bone structures with 

positive contrast in vivo. The excitation pulses have been demonstrated with UTE imaging.

Imaging of cortical bone with MR has traditionally been challenging because the 

magnetization from hydrogen atoms in compact bone experiences much faster transversal 

relaxation than other tissues in the body, and the available magnetization is relatively low 

owing to reduced proton density. A UTE imaging sequence can specifically sensitize images 

to the T2 spectrum of compact bone by applying relaxation-matched excitation pulses and 

acquiring multiple echoes. From this, with a simple normalization for proton-density 

weighting, MR images showing positive contrast from cortical bone can be generated. The 

contrast in skull imaging is validated by comparison with x-ray CT of the same subjects, and 

demonstrations imaging other anatomy show similar bone contrast. MR bone images can be 
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of particular utility to several MR-dependent technologies. For example they may provide 

attenuation-correction information to MR/PET reconstructions; or they can be used for 

treatment planning in MR-guided radiation therapy or MRgFUS procedures.

Supplementary Material

Refer to Web version on PubMed Central for supplementary material.
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Appendix

Section A

The way that pulse shape affects relaxation parameter-dependence of image contrast can be 

explained by following the dynamics of the Bloch equation. At any point in time τ, the 

Bloch equation describing the dynamics of a magnetization vector m = (mx, my, mz) in the 

presence of a magnetic field B(τ) = (Bx(τ), By(τ), Bz(τ)) is

where the precession-frequency for each axis is ωx,y,z(τ) = γBx,y,z(τ), and the longitudinal-

and transverse-relaxation rates are R1 = 1/T1 and R2 = 1/T2 (presumed unchanging). If the 

magnetic field amplitude is constant during some time period t, then the Bloch equation has 

an explicit solution relating the magnetization afterward m(0 + t) to the preceding 

magnetization m(0) in terms of the ‘system matrices’ A and b during the period:

The solution can describe dynamics under a time-varying magnetic field B(τ) by 

approximating the scenario as several short-duration time-intervals between a set of time-

points {ti : ti = τi − τi−1} with corresponding non-time-varying field amplitudes {B(τ0), 

B(τ1), …, B(τn−1)} exist. Commonly, uniform intervals are used, i.e. t1 = ⋯ = tn. This is a 

good representation of the digital-to-analogue conversion by commercial MRI machines.

Consequent of the discrete approximation, the system matrices b and Ai = A(τi−1) for each 

interval i ∈ {1, …, n} can be formed and the corresponding solutions successively applied to 

compute the effect of a sequence B(τ) on an initial magnetization m(0). This sequence of 

operations effected by b and the collection of Ai can be summarized by the ‘sequence 

system matrices’
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in which case m(τn) = Cm(0) + d.

The effect of applying an amplitude-adjusted RF pulse in a steady-state sequence can also be 

calculated from the Bloch solution matrices. With C and d summarizing the sequence of 

operations over a full repetition starting and ending at the signal echo time, the steady-state 

magnetization vector is computed as

and the signal is identified as the x and y components of this magnetization vector.

Section B

The set of eigenvalues {λ} and eigenvectors {v} of a matrix A are defined as those 

satisfying the equation (λI − A)v = 0. Assuming existence, this means that the eigenvalues 

satisfy det(λI−A) = 0. In the case of an on-resonant hard pulse applied in the presence of 

significant relaxation, the Bloch system matrix is

The polynomial equation specifying the eigenvalues is then

The quadratic equation solution expresses the eigenvalues:
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Figure 1. 
RF hard pulses designed with different durations and equal area effect different T2-

selectivity of excitation to transverse magnetization Mxy without significantly changing 

other contrast. This strategy can be used with, for instance, a UTE-type sequence to 

manipulate T2 contrast without changing echo times. For example, two different pulses can 

be used for excitation in a three-dimensional centre-out radial imaging sequence that collects 

two gradient echoes have amplitudes a1 and a2 and durations p1 and p2 that are proportionate 

such that the area of the pulses are equal.
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Figure 2. 
Relaxation that occurs during RF pulses can affect contrast (a). In this application, RF hard 

pulses with different durations and equal area can be used to effect differing short-T2-

selectivity of excitation to transverse magnetization Mxy.

By analogy, in many imaging sequences, the echo time TE effectively imposes a ‘T2 

selectivity’ or T2 contrast upon the image, such that magnetizations with short values of T2 

contribute very little signal (b, assuming perfect excitation). Manipulation of contrast by 

matching RF pulse dimensions to particular relaxation rates can be used independently or in 

concert with TE selection.
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Figure 3. 

During RF excitation, if there is no R1 relaxation or off-resonance, the ratio of R2 to 

dictates the excitation dynamic. With a constant applied RF field B1 and no off-resonance, 

the excitation is specified by its pulse duration p or nominal excitation angle α = γB1p. Its 

effect upon magnetization varies over the range of relative R2 (thick lines). As the excitation 

proceeds to longer durations for higher tip angles (blue → yellow gradient), short-T2 

magnetization ceases to increase its transverse component. For all tip angles, the final 
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orientations of magnetization across the range of R2 (dashed lines tracing the range over R2) 

can differ greatly from the nominal excitation angle (dotted lines).
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Figure 4. 
Controlling excitation T2 selectivity by relaxation-matching pulse dimensions can be used to 

create sensitivity in the steady state of a spoiled gradient echo (SPGR) sequence (here, for 

0.5 s T1 in SPGR with 8 ms TR). The difference in excitation profiles for two different 

pulses highlights a specific range of T2 (a, top). If the pulses are alternated to allow 

interleaved image encodes, the steady-state T2 profiles are altered slightly, with a some 

added emphasis of short-T2 magnetization (a, middle). When the alternate pulses also tip to 

different angles, the difference profile creates heightened short-T2 sensitivity and ‘inverted’ 

longer-T2 signal (a, bottom).

For imaging, the sensitivity profiles created by subtracting images acquired at different echo 

times but with only one pulse rate (b, top) or with different pulse rates but at the same echo 

time (b, middle) are shaped differently from that of the proposed subtraction (b, bottom).
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Figure 5. 
Images acquired after excitation by relaxation-matched pulses can be subtracted to highlight 

a specific range of T2, but off-resonance precession occuring during the RF pulse can 

confound the subtraction. For short-T2-specific UTE imaging, however, typical ranges of 

off-resonance expected in vivo—e.g., lipids precessing 3.5 ppm away from water at 3 T 

field-strength—are compatible with normal tip angles (a,b), and the difference between the 

magnetization excited by the pulses is relatively invariant with off-resonance. Additionally, 

when using a slightly higher tip angle with the ‘slow’ pulse, the improved robustness in 

differentiating short-T2 signals from longer ones is retained across the normal range of off-

resonance (c,d). Computing complex instead of magnitude subtractions—i.e. |1 − 2| instead 

of |1| − |2|—introduces significant positive sensitivity to off-resonance-induced phase 

accrual, which is not the desired contrast.
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Figure 6. 
Short-T2 contrast can be generated in short-TE images by adjusting the pulse duration p and 

maintaining constant tip angle α in a gradient spoiled sequence (TE=40 µs, TR=9 ms, 

α=15°). Phantoms comprised of water doped with different concentrations of MnCl2 to have 

differing T2 will give differing signal intensities in a gradient-spoiled acquisition (red: T2 

values, yellow: intensity windowing). The T1 value also changes as the concentration of 

MnCl2 is changed; the relative intensities in different bottles therefore varies, as in any GRE 

sequence.
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Figure 7. 
Various pairings of fast (24.47 μT) and slow (1.53 μT) excitation pulses with UTE (34 µs) 

and later (2.0 ms) echo times modulate the imaging T2 sensitivity. The A–B difference 

image more specifically depicts cortical bone than does the conventional UTE subtraction, 

A–C difference image. It is also more broadly sensitive to the various components of 

compact bone than the pulse-rate subtraction, A–D difference image, for which the display 

intensity window is narrowed by half and then shifted lower by 10%
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Figure 8. 
Pairing a fast excitation pulse with UTE (A: 24.47 μT RF, 34 µs TE) and a slow excitation 

pulse with a later echo (B: 1.53 μT RF, 2 ms TE) sensitizes the magnitude difference image 

to short-T2 signals. Normalizing the difference removes proton density weighting and allows 

clear depiction of the skull in MR head imaging. Contrast in the normalized difference MR-

sim.-CT images resembles that of x-ray CT images (e) acquired from the same subject.
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Figure 9. 
The CT-likeness of contrast in the difference images can be quantified by direct comparison 

of intensities. After registration and resolution downsampling, a slice from the CT volume 

overlaid on the MR image depicts the similarity of bone contrast (b,e), and a cross-section 

plot of amplitudes further demonstrates the correspondence (a,d). Voxel-wise correlation of 

intensities depends heavily on the quality of registration, but over a large region (b,e: 

highlighted) selected through several slices, the normalized difference or ‘MR-sim.-CT’ 

signal correlates strongly with the x-ray CT Hounsfield units (c,f). Sub-classification of 

different bone types within the well-registered region are shown, but the signal correlation is 

formed over all voxels within the region.
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Figure 10. 
The short-T2-specific UTE protocol as used for skull imaging can also be applied to depict 

bone structures in other anatomy. 3D MPR images from the upper torso (a) clearly show 

bones of the ribs, the scapula and humerus; and images of the pelvic region (b) show the 

iliac and femoral structures. These anatomy are of interest to MRgFUS treatments of liver 

and of uterine fibroids. Imaging the lower leg (c) gives clear depiction of the fibula and tibia.
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