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Ultrashort Echo Time Imaging Using Pointwise Encoding
Time Reduction With Radial Acquisition (PETRA)

David M. Grodzki,1,2* Peter M. Jakob,1 and Bjoern Heismann2,3

Sequences with ultrashort echo times enable new applications
of MRI, including bone, tendon, ligament, and dental imaging.
In this article, a sequence is presented that achieves the short-
est possible encoding time for each k-space point, limited by
pulse length, hardware switching times, and gradient perfor-
mance of the scanner. In pointwise encoding time reduction
with radial acquisition (PETRA), outer k-space is filled with radial
half-projections, whereas the centre is measured single point-
wise on a Cartesian trajectory. This hybrid sequence combines
the features of single point imaging with radial projection imag-
ing. No hardware changes are required. Using this method, 3D
images with an isotropic resolution of 1 mm can be obtained
in less than 3 minutes. The differences between PETRA and the
ultrashort echo time (UTE) sequence are evaluated by simulation
and phantom measurements. Advantages of pointwise encod-
ing time reduction with radial acquisition are shown for tissue
with a T2 below 1 ms. The signal to noise ratio and Contrast-to-
noise ratio (CNR) performance, as well as possible limitations
of the approach, are investigated. In-vivo head, knee, ankle,
and wrist examples are presented to prove the feasibility of the
sequence. In summary, fast imaging with ultrashort echo time is
enabled by PETRA and may help to establish new routine clinical
applications of ultrashort echo time sequences. Magn Reson
Med 000:000–000, 2011. © 2011 Wiley-Liss, Inc.
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In MR experiments, the transversal magnetization decays
with T*

2 . Standard MR sequences offer echo times (TEs)
in the range of a few milliseconds for spin-echo sequences
and down to 1 ms for gradient-echo sequences. Signals aris-
ing from tissues with a very short T2, well below 1 ms, are
therefore not visible using standard sequences, as the sig-
nal has already decayed by the time of acquisition. In the
image, these tissues appear dark, similar to air cavities or
noise. A short T2 can usually be found in tissue with strong
couplings of solid materials like teeth, ligaments, tendons,
and bones in the human body.

Many regions of the human body have already been
investigated with ultrashort echo time sequences. Clini-
cal applications of sequences with ultrashort TE are used
in orthopedics, dental imaging, and many other special
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applications. Studies not only of the knee (1), Achilles ten-
don (2,3), brain (4), bone (5) and spine (6) but also of the
lungs (7) can be found in the literature.

Ultrashort TE sequences also have a couple of other
features. Dephasing of spins between excitation and acqui-
sition is much smaller than for conventional sequences.
Ultrashort TE-sequences are therefore able to image tissue
close to magnetic inhomogeneities or distortions. These
distortions may arise from susceptibility changes, e.g., in
close proximity to air cavities, prostheses, or magnet and
gradient imperfections. Little or no susceptibility artefacts
can be expected in ultrashort TE images compared to
standard gradient-echo or spin-echo sequences. Therefore,
ultrashort TE sequences can also be used for positive con-
trast imaging of iron-labeled capsules (8,9). Furthermore,
ultrashort TE sequences offer new possibilities for imag-
ing other nuclei than hydrogen. These nuclei often have
strong bonds to their neighbors and therefore have a very
short T2. In (10) and (11), sodium and phosphorus images
were acquired.

In addition, obtaining a bone signal enables segmentation
of images into soft tissue (water), bone, and air (12). This
allows calculation of so-called µ-maps, which are needed
for combined MR and positron emission tomography (PET)
images. For PET imaging, the attenuation of tissue has to
be included into image reconstruction with the so-called
attenuation correction.

Imaging tissue with short T2 has challenging demands on
MR hardware. As signal already starts to decay exponen-
tially with T2 at the center of the pulse, data acquisition
should begin as quickly as possible after excitation. The
dead time between transmission and receive in operation
is limited by ringing down of the coil with stored RF
energy after transmission and retuning the receive coil
before acquisition. For most clinical scanners, this time is
in the range of 40 to 100 µs. With some hardware changes,
dead times down to 8 µs have been reported on clinical
scanners (13).

In the last decade, dedicated sequences with ultrashort
echo times have been developed. Most of them either use
Cartesian single point acquisition or radial acquisition of
k-space.

Single point sequences like the Rapid Single Point
(RASP) or Single-Point Ramped Imaging with T1 Enhance-
ment (SPRITE) sequence use a straightforward approach
(14–16). Cartesian k-space values are filled up point by
point, using only one or a few (17,18) points per readout for
image calculation at a constant encoding time. Single point
sequences use short hard pulses, which are applied after
ramping up the gradients. In this case, the encoding time
equals the TE. The minimum encoding time is given by
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the resolution and available gradient strengths. For clinical
whole body scanners, the encoding time is often too long for
imaging tissue with very short T2 at a reasonable resolution.
A workaround has been proposed that uses the shortest
encoding time available for every single k-space point and
enables significantly shorter TEs (19). Although good sig-
nal to noise ratio (SNR) and image quality can be achieved
with single point sequences, measurement times are very
long and prevent application of single point methods in
most clinical circumstances.

The most common method for imaging tissue with ultra-
shortT2 isthesocalledUltrashortEchoTime(UTE)sequence
(20–22). Once the dead time after excitation is passed,
gradient ramp-up and data acquisition are started simul-
taneously. k-Space is filled up on radial trajectories. This
leadstoahigherpointdensityatk-spacecentre,whichhasto
be taken into account during image reconstruction. k-Space
points are regridded onto Cartesian points. One challenge
of the UTE sequence is that acquiring data during gradient
rampingcanleadtomajor imagedistortionsoriginatingfrom
eddy currents and time delays within the gradient system.

Projection imaging or zero-TE imaging overcomes this
problem. Gradients are ramped up before a hard excitation
pulse is applied (23,24). Data acquisition is started after
the dead time has passed. This leads to a gap at the centre
of k-space, as the k-space value to be acquired begins to
rise from the center of the pulse. Two methods have been
proposed to solve this problem. In one approach, the miss-
ing k-space points are filled up by algebraic reconstruction
(25). In the other approach (26,27), after the end of the mea-
surement a few more radial spokes are acquired using lower
gradient strength, so that at least parts of the gap can be
filled with measured data. Projection imaging offers very
short measurement times. A potential drawback of these
methods is that only 3D imaging is possible, while UTE
offers slice-selective pulses to be applied for 2D imaging.

Hard and very short pulses only allow limited flip angles
due to limited pulse duration and available maximum B1

amplitude. If gradients are already on when the pulse is
applied, further limitation in bandwidth and duration of
the pulse may occur. Sweep imaging with Fourier trans-
formation (SWIFT) splits the applied pulse in N subpulses
(28). A subadiabatic frequency sweep is performed. Higher
effective flip angles are possible. To reach higher SNR com-
pared to hard-pulsed sequences, almost no dead time is
needed (29).

In this study, we propose a new method combining radial
and Cartesian single point acquisition. The radial part of
the sequence is similar to projection imaging sequences,
while the gap in the middle of k-space is filled on a Carte-
sian trajectory comparable to single point sequences. By
this, the gap in the middle of k-space is completely filled
with exact values. Our approach ensures that every single
k-space point is measured with the smallest encoding time
available on the scanner. During image reconstruction, both
datasets are combined.

METHODS

Imaging Sequence

The PETRA sequence consists of a radial and a Cartesian
acquisition part. Like in key-hole imaging (30), outer and

inner k-space are acquired in two parts. A low resolution
image is aquired in the Cartesian part, and high spatial fre-
quency data are acquired in the radial part of the sequence.
The radial part of the sequence runs similar to projection
imaging methods. Radial spokes are evenly distributed over
a sphere in k-space as described in (31) with the trajectory
used in (10). After the gradient ramp-up, a hard low-flip
angle pulse is applied and readout is started at the echo
time t = TE. Figure 1 illustrates the sequence diagram. The

applied absolute gradient strength | �G| =
√

G2
x + G2

y + G2
z is

kept constant during the radial part. As encoding of spins
starts at t = 0 at the middle of the pulse, the point in k-space
acquired at TE is given by

�k* = γ �G TE. [1]

k-Space values with |k| < |�k*| cannot be measured in
this way, because they would have to be measured before
the dead time has passed. These missing points in the
middle of k-space are essential for image reconstruction
to reach high SNRs. In our approach, these points are
filled up pointwise in the Cartesian part of the sequence.
Every Cartesian k-space value that lies within the sphere of
|�k| < |�k*| is measured, see Fig. 1c. The Cartesian measure-
ment runs similar to single point sequences as described
in Refs. 15,16, and 19. Gradients are ramped up before the
pulse is applied, like in the radial part of the sequence, and
one single point is acquired at t = TE. To measure a cer-
tain k-space point �k with |�k| ≤ |�k*|, the gradient strength
in each spatial direction is given by

�G =
�k

γTE
, [2]

e.g., all gradients are zero for �k ≡ 0 and a Free Induction
Decay (FID) signal is acquired at t = TE.

While | �G| is kept constant in the radial part, the encod-
ing time is kept constant in the Cartesian part. Equations 1
and 2 imply that the applied gradient strength in the Carte-
sian part of the sequence is always lower than the gradient
strength used during the radial part of the sequence. In our
implementation, only one k-space point is acquired at each
Cartesian readout.

As gradients are switched on during excitation, PETRA
can only be used as a 3D method with nonselective excita-
tions. In the current implementation, isotropic 3D data is
collected.

PETRA acquisition time is a bit longer than projection
imaging time due to the time needed for the Cartesian
acquisition. As an example, for an applied gradient strength
of 20 mT/m and a resolution of 1 mm, the time needed to
encode the outer edge of k-space would be Tenc ≈ 600 µs.
Considering an echo time of TE = 50 µs, this means that
50/600 = 8% of k-space needs to be acquired using Carte-
sian points. For an N = 2563 matrix, the number of
Cartesian points is therefore Ncart = 4/3π(256/2 × 0.08)3 ≈
4450. Compared to, e.g., 50,000 radial spokes, this is less
than 9%. Hence, measurement time of PETRA is about
5–10% longer than that for projection imaging.

TE can basically be set to any value bigger than the dead
time plus half of the pulse duration. For longer TEs, only



Ultrashort Echo Time Imaging Using PETRA 3

FIG. 1. a: Diagram of the radial part of the PETRA sequence. After a hard-pulse excitation, a radial half-projection is acquired. In case of
a second echo generation, gradients are ramped down at the end of the first acquisition and a second full-projection with the echo time
TE2 is acquired. b: Diagram of the Cartesian part of the sequence. Gradients are stepped through to cover all missing k-space points in the
centre. c: PETRA k-space acquisition schema plotted for one slice through the middle of the 3D k-space data.

the ratio between k-space points acquired radially or on
the Cartesian trajectory changes. This flexibility enables T*

2
quantification, as image series with different TEs can be
measured and evaluated.

When fat saturation is desired, fat saturation pulses were
added to the PETRA sequence. During the application of
the saturation pulse, gradients are switched off. Before the
imaging pulse is applied, gradients are ramped up again.
Depending on selected repetition time TR, a fat suppres-
sion pulse was inserted only at every nth run, n ≈ 5 − 20.
Repetition time (TR) is not changed if fat saturation is
selected.

If TR and the flip angle α are kept constant, spins are
forced into a steady state. If saturation pulses are applied,
the steady state is interrupted by the duration of the satura-
tion. The steady state influences the contrast of the image.
At the end of each repetition, spins have to be completely
spoiled. The contrast resembles FLASH contrast and ranges
from proton-density to T1 contrast, depending on TR and
the flip angle. For a given tissue with proton density �, sig-
nal S arising from this tissue can be approximated by the
Ernst equation for short TE

S = � sin(α)
1 − exp(−TR/T1)

1 − cos(α) exp(−TR/T1)
. [3]

To obtain an image that only contains signal from tis-
sue with short T2, two methods have been proposed.
T2-selective prepulses can be used just to suppress tissue
with longer T2 (32–36). The other possibility is to reverse
the gradient polarity after the readout and refocus the spin
system to a second echo at a second echo time TE2. With
this method, two images are produced in one measure-
ment. These two images can be subtracted, leaving only

signal from tissue with a short T2. In (37), the subtraction
method is presented to be the more reliable alternative. In
our implementation, a second echo can be acquired with
the PETRA sequence. As it can be seen in Fig. 1a, gradients
are inverted once the first half-projection is acquired and
spins are refocused to a gradient echo at t = TE2. During
the second readout, a full projection is acquired. It is possi-
ble to reconstruct the second echo with data acquired only
from radial spokes, as no gap arises in the k-space of the
second echo.

Image Reconstruction

Image reconstruction was performed with the image calcu-
lation environment of a MAGNETOM Avanto (SIEMENS
Healthcare, Erlangen, Germany). The k-space has to be
filled up on a Cartesian grid. While the points acquired in
the Cartesian part of the sequence can simply be gridded to
their corresponding position, data handling for the radial
part is more complex. Before the radial spokes are gridded
onto the Cartesian grid, their values have to be weighted
with a density matrix (38). Two more facts have to be con-
sidered. First, it needs to be ensured that the density matrix
is adapted to the density of points in the Cartesian centre of
k-space. Second, if not enough radial spokes are acquired
and k-space is radially undersampled, a certain level of
plateau of the outer part of the density matrix can improve
image quality at the expense of image resolution. In our
implementation, we use a density matrix that adapts these
needs to the methods described in (39).

According to the Nyquist criterion, the total amount of
radial spokes NSpokes needed is given by NSpokes = 4πR2

(10), where R is the number of points acquired for each
radial half-projection. A matrix size of N = 256 in which
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R = 128 points are acquired at every half-projection would
therefore need NSpokes ≈ 200,000 radial spokes. In our mea-
surements, we only use a number of NSpokes ≤ 50,000. The
level of plateau of the density matrix is reached at point RPl
of the readout.

After the density matrices are applied to the radially
sampled data, points are gridded onto the Cartesian grid
using a Kaiser-Bessel-Window (40) with a width of 3.0
and β = 4.2054, which was used in Ref. 10. For multi-
receive channel imaging, a weighted root-sum-of-squares
algorithm is used for image reconstruction.

MR Simulations

The impact of the T2 decay on the optimal performance
of UTE and PETRA sequences was investigated by simu-
lation using MATLAB 2008 (The MathWorks Inc., Natick,
MA). A 1D object as shown in Fig. 3 with a given T2

between 50 and 1000 µs was considered. The object was
Fourier-transformed to calculate the corresponding 1D k-
space. Each k-space value ki was multiplied with the
factor f = exp(−TEnc,i/T2), where TEnc,i corresponds to
the encoding time needed to encode the k-space value
for the UTE and PETRA sequence, respectively. The fac-
tor f corresponds to the T2 decay a spin experiences in
a MR experiment using the two sequences. An inverse
Fourier transformation yields the UTE and PETRA image.
Simulation conditions were TE = 50 µs, gradient strength
20 mT/m, slewrate 100 mT (m ms), field of view (FOV) =
200 mm, and a matrix size of N = 256. The modulation
transfer function (MTF) (41) was calculated for a delta-
shaped object. The MTF distinguishes image resolution
quantitatively.

MR Measurements

MR measurements were performed on a 1.5 T MAGNETOM
Avanto clinical scanner. The scanner and coil hardware
was not adapted. When a second echo was acquired, its
echo time was set to TE2 = 4.6 ms to reach an in-phase fat
signal. Repetition time was set to 2–5 ms for single-echo
series and to 6–10 ms for series with two echoes. Using
a total of 50,000 spokes, total measurement time for both
radial and Cartesian part of the sequences was in the range
of 2–4 min for single echo series and 5–10 min for a series
with two echos. No radiofrequency (RF) spoiling was used.
The maximum gradient strength was set to 8–15 mT/m in
each spatial direction with a typical ramp time of 0.5–1 ms.

A standard four-channel head coil, a standard 15-channel
transmission/receive knee coil, a standard eight-channel
wrist coil and a standard eight-channel ankle coil were
used. The used head, wrist, and ankle coil are recieve-only
coils. For those coils, the body coil was used for transmis-
sion. The dead time of the coils is in the range of 50 µs.
Rectangular hard pulses with a duration of about 14 µs and
flip angles up to 9◦ were used for excitation. TE was set to
TE1 = 70 µs for the head and ankle coil and to TE1 = 50 µs
for the wrist and knee coil.

Phantom measurements were performed on bovine mar-
rowbone (cortical bone). Different amounts of radial spokes
have been tested to detect the dependency on the total num-
ber of spokes and level of plateau of the radial density

matrix. A comparison measurement between UTE and
PETRA was conducted. The UTE sequence was imple-
mented according to (10). For this measurement, the fol-
lowing parameters were used: 1.3 mm resolution with a
1923 matrix, 50,000 radial spokes, α = 8◦, head coil, read-
out gradient strengths 12 mT/m, and TE = 70 µs. To have
identical steady-state contrasts, TR in both sequences was
set to TR = 2.83 ms, which was the minimum TR for UTE.
PETRA would allow for a TR of 2.21 ms in this case.

In vivo experiments of the wrist, knee, ankle, and head
were performed on healthy volunteers after informed con-
sent was attained. Also, PETRA was tested on a knee of
one of the authors, whose anterior cruciate ligament was
reformed after rupture 4 months prior to imaging. In both
the phantom and in vivo experiments as well as for series
with one and two echos, the sequence was tested with
and without additional gradient spoiling at the end of each
repetition.

Finally, possible limitation and artefacts in PETRA imag-
ing originating from the excitation profile were investi-
gated. As gradients are kept on during the pulse, unwanted
slice selectivity may occur for insufficient pulse band-
widths. The spectral profile of the 14 µs pulse is a sinc
curve with a full width at half maximum of about 86 kHz.
If this bandwidth is not sufficient for a given gradient
strength, higher frequencies might not be excited homoge-
neously. Gradients are altered for each repetition so that
different slices would be excited at each repetition. To
investigate this possible limitation, images with large FOVs
were acquired with gradient strengths from 2 to 18 mT/m.

RESULTS

In Fig. 2, the time needed for k-space encoding of UTE and
PETRA are shown. PETRA has shorter encoding times over
the whole k-space. This is due to the fact, that no encoding
time is lost during gradient ramp-ups. k-Space points with
an absolute value smaller than k* have the constant encod-
ing time TE at PETRA. For values |k| > k*, the needed
encoding time rises linearly. In UTE imaging, the encod-
ing time rises quadratically during gradient ramping and
linearly once gradient ramping is over.

In the presence of chemical shifts or B0 inhomogeneities,
phase shifts cause minor radial shifts in the image. These
effects are similar to those known from the UTE sequence
or projection methods. Unlike in the RASP or SPRITE
sequence, PETRA has a nonconstant off-resonance evolu-
tion. For experimental data, we have observed no discon-
tinuity in the development of phases also in the presence
chemical shifts or B0 inhomogeneities. This is due to the
fact that there is no discontinuity in the encoding times
over k-space, see Fig. 2. No further artefacts were observed
due to the combination of the radial and Cartesian part of
the sequence.

The simulation of a 1D object with different T2 for UTE
and PETRA is shown in Fig. 3. In the upper row, major
differences for PETRA and UTE can be seen. The SNR of
PETRA in comparison to UTE is about 53% higher for T2 =
100 µs, 19% higher for T2 = 250 µs and 6% higher for T2 =
750 µs. Image resolution is clearly better with PETRA for
very short T2 tissue, which can be seen in the 1D object as
well as in the MTF curves displayed in the lower row of
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FIG. 2. Comparison of encoding times TEnc depending on the point
in k-space. While the encoding time for the UTE sequence rises
quadratically during gradient ramping, PETRA’s encoding time stays
constant for |k| < k*, see Eq. 1. TEnc equals the TE. Afterward,
PETRA’s encoding time rises linearly. k-Space points with |k| ≤ k*
are acquired on a Cartesian trajectory, while k-space points with
|k| > k* are acquired radially. PETRA enables lower encoding times
for each acquired k-space point than the UTE sequence.

Fig. 3. For a T2 longer than 1 ms, no major differences were
found between UTE and PETRA.

In the phantom measurements, changing the level of
plateau of the density matrix for the radial spokes leads
to more noise, but better resolution for RPl > R/4. For
RPl < R/4, lower noise but a reduced image resolution can
be detected. An optimum between resolution and level of
noise is found for RPl = √

1/2 × NSpokes/π. Figure 4 shows
the UTE (a) and PETRA (b) image acquired in comparison.
The SNR of signal arising from cortical bone is in the range
of 6.5 for UTE and 11.1 for PETRA, while SNR of surround-
ing tissue is in the range of 15 for UTE and 19 for PETRA.
CNR between bone and air lies in the range of 14.0 for UTE
and 19.1 for PETRA. Between bone and soft tissue, a CNR
of about 21.1 for UTE and 15.3 for PETRA is found.

For series with one echo, it was found that the spoil-
ing during the incremental gradient changes is sufficient
and no additional gradient spoiling is needed at the end
of each repetition. No differences between images with
and without gradient spoiling were observed. It is not
required to ramp down gradients at the end of each rep-
etition and more beneficial to directly ramp the gradients
to the strength needed for the next excitation and readout.
The sequence then has almost no nerve stimulation and
allows for very short TR. For series with two echos, gra-
dient spoiling is needed at the end of each repetition to
prevent the occurrence of unwanted echos.

The investigation of artefacts and limitations originating
from the pulse profile showed no visible influences in the
images at a FOV of 300 mm for gradient strengths lower
than 12 mT/m. Using higher gradient strengths, blurring

FIG. 3. Simulation of the influence of the T2 decay for the UTE and PETRA sequence for the T2 = 100 µs in (a) and (d), T2 = 250 µs in (b)
and (e) and T2 = 750 µs in (c) and (f). In the upper row, a 1D object with the length of 200 mm was simulated and the expected images for
UTE and PETRA are calculated. In the lower row, the corresponding modulation transfer function (MTF) is presented.



6 Grodzki et al.

FIG. 4. Comparison measurement between UTE (a) and PETRA (b). Images are normalized to flesh signal and have identical windowing.
Scanning parameters were 1.3 mm resolution with a 1923 matrix, 50,000 radial spokes, α = 8◦, readout gradient strengths 12 mT/m,
TE = 70 µs and TR = 2.83 ms. Measurement time was 2 min 22′ for UTE and 2 min 30′ for PETRA. The difference of 8 s was needed for the
Cartesian part of the PETRA sequence.

artefacts are encountered at the outer regions of the image.
For a FOV lower than 200 mm, no artefacts were found.

Figure 5 shows an image series of the head. Figure 5a
and b shows the same slice without and with fat suppres-
sion. Figure 5c shows a head image with higher resolution
in a coronal image plane. In these images, a homogeneous
T1 contrast is observed. Figure 5d, e and f shows an image
series with two echos and the subtraction of the two echos.
It is clearly visible that air within the paranasal sinuses
yields no signal, while signal is obtained from the skull and
bones. For longer TEs, these areas are dark, see Fig. 5e. This
is highlighted in the subtraction image (Fig. 5f). Compari-
son of Fig. 5a and b shows that the fat suppression works
well: retrobulbar fat behind the eyes and fat within the cal-
varium is bright in Fig. 5a, while this fat is saturated in
Fig. 5b.

Wrist, ankle, and knee images show the same homogene-
ity as that found in the head images. Figure 6 displays
a coronal slice of a series with two echos and the corre-
sponding difference image of the human wrist. In Fig. 6a,
strong signal can be seen from hand ligaments, while in
Fig. 6b, at an TE of 4.6 ms, this signal is already decayed.
Figure 6c highlights this fact and enables easy detection of
hand ligaments and bones.

A subtraction image of the ankle is presented in Fig. 7.
Comparable to the wrist image, bones, tendons, and liga-
ments appear bright and offer an easy detection of the foot
bones as well as the Achilles tendon for excample. On the
side of the ankle, signal from the coating of the coil is vis-
ible. Most coils, like for example the knee coil, give strong
signal in PETRA images. In sequences with TE longer than
about 750 µs, these bound protons within the coil coating
are invisible due to their short T2.

Figure 8 shows a sagittal MIP image of the knee, where
the anterior cruciate ligament had been operated 4 months
prior to measurement. The newly implanted anterior cru-
ciate ligament (arrow 1) and its anchorage (arrow 3) in the
bones can be seen. The newly implanted ligament is much
stronger than the ligament of a healthy, unoperated knee or
the posterior cruciate ligament (arrow 2). Noticeable sus-
ceptibility artefacts arising from metal screws and bolts

used for fixing of the operated anterior cruciate ligament
are very small in Fig. 8 (arrow 3).

DISCUSSION

A sequence with UTE was implemented that uses both
radial and Cartesian acquisition. The feasibility of this tech-
nique was assessed in phantom and volunteer measure-
ments on a 1.5 T clinical scanner. No artefacts generated
by the combination of the two acquisitions are observed.

The conducted MR measurements in Figs. 4–8 prove
PETRA’s ability to image tissue with very short T2. Good
image quality can be achieved experimentally in fast imag-
ing experiments. A reasonable resolution can be achieved
even with a highly undersampled outer k-space.

Overall, the images demonstrate good homogeneity and
SNR for all tissues. Contrasts are in the range of proton den-
sity and T1 contrast, depending on the steady state of the
spin system during measurement, see Eq. [3]. The image
contrast can be adjusted by changing TR and the flip angle.
Prepulses can enable T2 contrasts. However, gradients have
to be ramped down before the prepulses are applied. This
is also the case for fat suppression pulses. If two echos
are acquired during the measurement, gradients have to be
ramped more frequently. Changing the RF phase of the flip
angle gives further contrast abilities.

In vivo images in Figs. 5–8 clearly show the expected fea-
tures of images with very short TE: (a) signal from bones,
teeth, ligaments, and tendons, (b) proton density-weighted
or T1-influenced contrast, (c) almost no susceptibility arte-
facts around air cavities or other magnetic distortions. This
can be seen in Fig. 8 (arrow 3), where almost no susceptibil-
ity artefacts are visible around the metal screws and bolts
used for fixation of the operated anterior cruciate ligament.

On knee and ankle as well as hand images (see Figs. 6–8),
ligaments appear bright at TE = 50 and 70 µs. If a second
echo is acquired, signal from these tissues has decayed by
the time of acquisition and these tissues appear dark in the
image.

Imaging of the coil itself, as it can be seen in Fig. 7,
may also lead to interesting new applications. Like human
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FIG. 5. Images of the head using PETRA with a standard four-channel head coil using α = 9◦ and TE1 = 70 µs. a and b: Images without
and with fat suppression (n = 8), isotropic imaging matrix of 2883 with a resolution of 1.04 mm and acquisition time TA = 3 min 01′ and
TA = 4 min 33′. c: Higher resolution image with TA = 12 min 30′, isotropic imaging matrix of 3523 with a resolution of 0.8 mm. d and e:
Double echo series, isotropic imaging matrix of 2563 with a resolution of 1.17 mm with acquisition time TA = 8 min 33′ with TE2 = 4.6 ms
and the subtraction image in (f).

tissue, the coil and its coating attenuate a PET signal.
Although signal from coils cannot directly be used as an
attenuation map, knowing the exact position of the coil
can therefore be included into an algorithm that calculates
the attenuation of a known coil. Also, exact localization
of a given coil can help to eliminate signal from the coil,
which may fold into an image. Localization of the coil may

furthermore be used for weighting of different send and
receive channels.

PETRA allows fast imaging, as the time consuming Carte-
sian part only takes a few percent of the total measurement
time. Despite the fact that the acquisition time is a bit longer
than it is for projection imaging techniques, PETRA is still
much faster than pure single point sequences. Compared

FIG. 6. Images of the wrist using PETRA with a standard eight-channel wrist coil in a coronal image plain. 50,000 radial spokes, α = 4◦,
isotropic imaging matrix of 2563 with a resolution of 0.78 mm. Spoiling was activated, TR = 8.55 ms, acquisition time TA = 10 min 14′. a:
shows the first echo at TE1 = 50 µs, (b) the second echo at TE2 = 4.6 ms, and (c) shows the subtraction of the two echos.
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FIG. 7. Subtraction image of the ankle using PETRA with a standard
eight-channel ankle coil in a 3D view. 50,000 radial spokes, α =
9◦, isotropic imaging matrix of 2883 with a resolution of 1.04 mm.
Spoiling was activated, acquisition time TA = 7 min 45′. TE1 = 70 µs
and TE2 = 4.6 ms. Toes are outside of the defined volume of the coil.

to pure projection imaging techniques, encoding times in
the outer k-space are equal for PETRA. In our approach, the
gap in k-space centre is completely filled with data mea-
sured at the absolute shortest encoding time. This might
help to increase SNR and stability compared to projection
methods. In PETRA, TE can be set to any user-defined value
bigger than the minimum TE, that is given by the dead time
plus half the pulse duration and is independent of image
resolution or available gradient strength. This flexibility in
TE in principle enables T*

2 measurements with PETRA.
Like pure projection imaging techniques and single point

sequences, PETRA is a 3D only method while UTE enables
slice-selective 2D measurements. For PETRA, limitations
in flip angle or pulse bandwidth can occur for larger
FOV. To avoid any slice selectivity of the pulse for large
FOVs, shorter pulses can be used to enable higher exci-
tation bandwidths, but limit the maximum possible flip

angle. Otherwise, lower gradients enable longer pulses
with higher flip angles, but also lower the readout band-
width. These limitations also occur in other projection
imaging and single-point methods and might be a disad-
vantage compared to the UTE sequence.

Compared to the standard UTE sequence, PETRA has
shorter encoding times over the whole k-space, see Fig. 2.
Our approach allows higher resolution and SNR, because
more readout points with signal from tissues with short
T2 can be acquired before the signal has decayed. As it
can be seen in the simulation in Fig. 3 and the compari-
son measurement of Fig. 4, this can be an advantage of the
PETRA sequence compared to the UTE sequence. PETRA
is not sensitive to gradient imperfections, gradient delays,
or eddy currents during gradient ramping and has low
demands on fast gradient switching and ramping times.
This often leads to problems in UTE imaging.

The in vivo results indicate that PETRA might yield
clinically relevant applications in orthopedics. MR-PET
attenuation correction as well as the application of PETRA
in non-proton imaging also merit further investigation.

In conclusion, the hybrid solution of radial projection
imaging and single point imaging is feasible. It combines
the advantages of both approaches and avoids the problems
associated with the UTE approach. The shortest possible
TE is achieved, only limited by pulse length and hardware
switching times. We have shown that PETRA is able to
depict tissue with short T2 in vitro as well as in vivo. No

FIG. 8. Sagittal subtraction MIP image of the knee using PETRA with
a standard 15-channel knee-coil (MIP thickness = 22 mm). The ante-
rior cruciate ligament was operated after rupture 4 months prior to
imaging. Arrows 1 and 2 point to the anterior and posterior cruciate
ligament. Arrow 3 marks the bolt that was used to fixate the liga-
ment. 50,000 radial spokes, α = 4◦, isotropic imaging matrix of 2563

with a resolution of 0.97 mm. Spoiling was activated, TR = 10 ms,
acquisition time TA = 8 min 43′, TE1 = 50 µs and TE2 = 4.6 ms.
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hardware changes or additional hardware requirements are
needed. Images with a 1 mm resolution in a 2563 matrix can
be imaged in as fast as 2–4 min for a single echo series.
These features might enable or improve orthopedic MR
imaging as well as MR-PET attenuation correction.
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