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Ex Situ Endorectal MRI Probe for Prostate Imaging
Aharon Blank,1* Shlomo Ish-Shalom,1 Lazar Shtirberg,1 and Yuval Zur2
A unique ex situ MRI probe, which examines samples external
to its geometry, is presented. The probe is intended to be used
for imaging the prostate gland via an endorectal pathway. It has
a semicylindrical shape with a length of 6 cm and typical diameter of ⬃3 cm. The probe’s imaging ﬁeld of view spans almost
along its entire length and up to a distance of 2 cm away from
its surface, with an angular sector of ⬃90°. The detailed design
of the probe is presented, followed by a set of representative
results obtained by the current bench prototype of this
system. Magn Reson Med 62:1585–1596, 2009. © 2009 WileyLiss, Inc.
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NMR and its descendant MRI are usually pursued in a
setup based on a highly homogenous static magnetic ﬁeld,
B0, with variance ⬍1 ppm, creating nuclear spin precession at a corresponding narrow band of frequencies (1).
The homogeneous static ﬁeld setup has several advantages, such as the ability to obtain chemical shifts while
ensuring good signal-to-noise ratio (SNR) due to the small
bandwidth involved. However, this setup suffers from the
need to employ large magnets that usually surround the
examined sample/object. In speciﬁc cases, such as clinical
MRI systems, the large magnet, and the corresponding
large radiofrequency (RF) and gradient coils, are a major
factor in the relative complexity and the high cost of such
systems. If one is interested only in a speciﬁc small region
within the body, it could be highly advantageous to obtain
NMR information by using either a noninvasive handheld
probe or an intracavity self-contained (magnet ⫹ RF and
gradient coils) NMR probe, thus avoiding the requirement
for a large external magnet. Such an approach to NMR
measurement or NMR imaging without a sample-surrounding magnet is termed “inside-out,” or ex situ (2-6). In
the “inside-out” setup it is very difﬁcult to create highly
homogeneous ﬁelds without making signiﬁcant compromises regarding ﬁeld magnitude. Several types of systems
that operate in an “inside-out” geometry have been designed and built, demonstrating measurement capabilities
of relaxation parameters (7,8), diffusion coefﬁcients (9),
spectroscopic data (10), and three-dimensional (3D) imaging (11). In the case of microscopic MRI, where very high
ﬁeld gradients are required to obtain a high resolution,
“inside-out” systems were found to be very useful and
enabled the acquisition of images with a resolution of

1Schulich Faculty of Chemistry, Technion–Israel Institute of Technology,
Haifa, Israel
2TopSpin Medical (Israel) Ltd., Global Park, Lod, Israel
*Correspondence to: Aharon Blank, PhD, Schulich Faculty of Chemistry,
Technion–Israel Institute of Technology, Haifa, 32000, Israel. E-mail:
ab359@tx.technion.ac.il
Received 6 January 2009; revised 5 May 2009; accepted 25 June 2009.
DOI 10.1002/mrm.22151
Published online 25 September 2009 in Wiley InterScience (www.interscience.
wiley.com).

© 2009 Wiley-Liss, Inc.

1 m or better, outside a superconducting magnet (4,12),
or near a microscopic magnetic tip (13,14).
The efforts described above were mainly directed toward
materials science applications or related subjects, with appreciable achievements. In the ﬁeld of medicine, recent work
has demonstrated the use of a miniature intravascular ex situ
NMR probe with one-dimensional imaging capability for the
detection of vulnerable plaque in the coronary arteries (1517). Larger nonimaging and/or one-dimensional imaging
probes have been shown to be useful in obtaining interesting
clinical results regarding the examination of tendon anisotropy, skin conditions, and breast implants (18). Despite this
progress, the “dream” of widely using a set of simple and
affordable ex situ NMR/MRI probes for a variety of medical
applications is far from being realized. This is mainly due to
the fact that while ex situ NMR systems are superior to
conventional MRI systems as regards affordability and simplicity, their limited ﬁeld of view (FOV) and low SNR are not
sufﬁcient for most clinical applications. For example, ex situ
NMR imaging with a typical ⬃30-cm-size probe can achieve
a slice of a selected two-dimensional image with a resolution
of ⬃[1 mm] (2) for an FOV of ⬃3 ⫻ 3 cm and a penetration
depth of up to ⬃1 cm from the probe surface (11,18). These
performances, especially if considered in conjunction with a
general-purpose clinical use, are not sufﬁcient. Nevertheless,
as was shown in the case of the miniature intravascular probe
(15), if one tailors a speciﬁc probe design to a very speciﬁc
clinical application, ex situ NMR/MRI can be a viable solution that complements the current conventional MRI capabilities.
In this paper, we present a design and experimental
results for a new application-speciﬁc ex situ MRI probe
with 3D imaging capability, intended for future use in
prostate cancer diagnosis and staging. Prostate cancer is
one of the most common types of cancer affecting men in
the United States and all over the world. MRI is known
to be a powerful methodology in the detection and staging of this disease (19). However, its relatively high
complexity and cost prevent it from being a useful tool
for applications such as screening, biopsy targeting, and
periodic staging. In view of this, we have come up with
this new probe that could be used in an endorectal
manner, in conjunction with a conventional ultrasound
module. The ultrasound device can guide the probe to
the location of the prostate and may be also used in
conjunction with targeted biopsy, based on a combined
ultrasound/MRI image produced by the probe. Here we
will describe the design and characteristics of a laboratory prototype of the MRI module, present experimental
results for test samples, and discuss the overall probe
performance with respect to the clinical requirements.
Preliminary “bench”-type experiments conﬁrmed the
unique capabilities of the probe, which, following the
necessary clinical-related adjustments, may be incorporated in human experiments in the future.
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FIG. 1. Conceptual operation scenario for the future endorectal MRI probe. The image shows a cross-section of a typical prostate alongside
the probe (marked schematically by a red circle with a diameter of 30 mm), and the rectum void that is schematically represented by a green,
45-mm-diameter circle. A single slice of the probe’s FOV is also shown (marked by 10 curved green voxels). It extends up to 20 mm away
from the probe surface. Overall, there can be ﬁve to 10 such slices extending along the probe’s main axis, covering a span of 5 cm.

Technical Description of the Probe
The main constraint guiding the design of the self-contained MRI probe is that it has to ﬁt inside the rectum and
approach the prostate in a manner similar to that of an
endorectal ultrasound device or endorectal MRI receiving
coil. Figure 1 shows a typical transverse slice image of the
prostate, obtained using conventional MRI. The area of the
rectum is clearly visible at the bottom of the image, and
this is the location to which the endorectal MRI probe
should be guided. While the void inside the rectum is
relatively large in diameter (⬃45 mm), we have found that
many physicians would agree that a diameter of ⬃30 mm
represents the upper limit of probe size that can be safely
inserted into most adult rectums (as conﬁrmed by clinical
experiments carried out with a mockup version of the
probe). In view of the above, it was decided that the size of
the MRI module in the probe should be conﬁned to no
more than half of a cylinder; that is, 30 mm in diameter
and 60 mm in length (the other half of the probe is reserved
for the ultrasound module). In order to achieve sufﬁcient
capabilities that will meet at least some of the stringent
requirements of the clinical community, this relatively
small-sized module was “pushed to the limit” to enable 3D
imaging with a FOV of ⬃15 ⫻ 50 ⫻ 50 mm that extends up
to a distance of 20 mm away from the probe surface and

covers most of the prostate’s peripheral zone (Fig. 1). Thus,
while such relatively small probe cannot image the entire
prostate, it can still observe an important section of it that
is known to be the source of most cancer cases. Furthermore, the peripheral zone of the prostate is the main area
from which needle biopsy is acquired.
In order to achieve sufﬁcient imaging capabilities while
constrained to limited-size cylindrical probe geometry, a
variety of unique features had to be incorporated and
many challenges had to be overcome. These novelties include a complex magnet design that enables the excitation
of concentric arcs near the probe, two-axis imaging gradients sitting on a curved surface with a large FOV, multilayered transmit and receive coils with electronic frequency tunability in the 2- to 8.5-MHz range having low
stray capacitance, shields against magneto-acoustic ringing effects, and an electronic system for the generation of
intense/short gradient pulses. The overall structure of the
MRI module is shown in Fig. 2. We will proceed now to
outline in details the various components of this module,
including the main design considerations.
Magnet
The ﬁrst item of the MRI module is the permanent magnet.
One of the major limitations of most ex situ probes is the
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FIG. 2. Mechanical structure of the self-contained MRI module in
the endorectal probe. The probe is attached to the side of the
rectum (schematically shown by a large yellow cylinder). The origin
of the frame of reference of the probe is at the center of the magnet
(items will be referred to in this paper by a Cartesian or cylindrical
frame of reference, depending on their function in the probe).

relatively small volume of excitation due to a relatively
high gradient created outside the magnet. In principle, one
can propose an ex situ magnet design that creates a relatively homogenous spot in the required FOV (10,20), but
this “sweet spot” would be much smaller than the magnet
size, with a relatively low ﬁeld magnitude. A more ad-

FIG. 3. a: Permanent magnet
conﬁguration of the MRI module.
The overall height of the magnet
is 60 mm and its radius is
13.5 mm. The magnet’s upper
and lower sections are magnetized according to the drawing in
angles of ⫾25° with respect to the
Y-axis of the probe (shown by
the red arrows in the drawing). In
the central part of the magnet, the
magnetization direction angles
are ⫾15° with respect to the Yaxis of the probe (shown by the
red arrows in the drawing). b: Calculated two-dimensional plot of
the magnetic ﬁeld in the XZ plane;
(c) calculated two-dimensional
plot of the magnetic ﬁeld in the XY
plane; (d) calculated (solid line) vs
measured (red dots) magnetic
ﬁeld along the X-axis of the
probe.
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vanced but complex-to-implement design that includes
mechanically adjustable magnetic sources can increase the
overall homogenous FOV, but this still would be much
smaller than the size of the magnet (21). Thus, for limitedsized probes, as the one considered here, when the required FOV is similar to the magnet size, a homogenous
design is not practical. In view of that, one of the key
considerations regarding the magnet’s design was that its
equiﬁeld lines should coincide with the voxel structure
shown in Fig. 1 (see also Fig. 3). In addition, the magnet
must allocate enough space for the gradient coils and the
ultrasound module in the back of the probe. Furthermore,
the magnetic ﬁeld should be as high as possible, with a
relatively high gradient to enable good SNR (due to the
relatively high ﬁeld) and capabilities to acquire images
with good diffusion-weighted contrast (due to the relatively high gradient), if required. All these considerations
led to the magnet conﬁguration shown in Fig. 3. The magnet is made of NdFeB rare-earth permanent magnet
(VACODYM 722 from Vacuumschmelze, Hanau, Germany). It is composed of eight pieces, each magnetized in
a different direction (Fig. 3a) to produce the required magnetic ﬁeld proﬁle. The calculated magnetic ﬁeld (done
with Ansoft ﬁnite element software, Ansoft, Pittsburgh,
PA) shows good uniformity both along the Z-axis (Fig. 3c)
and along the -axis (Fig. 3b) of the probe. Static ﬁeld
measurements made with a miniature Hall sensor (model
3RT100-2-2-0.2T; Sentron, Zug, Switzerland) show good
correspondence to the calculations (Fig. 3d). It is evident
that the ﬁeld varies from ⬃0.2 to 0.05 T (8.5-2 MHz) over
the entire FOV. The wide variability of the magnetic ﬁeld
over the FOV leads to several challenges that must be
faced. These include, for example, a large gradient of ⬃10

1588

T/m that makes it difﬁcult to excite large volumes instantaneously, and a wide range of operating frequencies that
complicates the electronic design of the RF front end, as
will be shown in the next subsection. On the other hand,
due to the large static gradient of the probe, it is relatively
insensitive to temperature changes that can cause drifts of
up to ⬃0.3% per °C in the static magnetic ﬁeld. In the
current type of design, these changes may only lead to
negligible variations in the excitation volumes for a given
RF frequency (but in a more homogeneous design this
would constitute a major problem).
RF Coils
Following the description of the design and the construction of the static magnetic ﬁeld source, we now consider
the RF coil conﬁguration. The current probe design incorporates separate transmit and receive coils. Although both
coils have the same geometry and are located in the same
position in the probe, we have found it necessary to employ two separate coils in order to support the option of
electronic tuning of the receive coil over a wide frequency
range (see below).
Transmit coil. Our probe has a relatively large static ﬁeld
gradient and therefore the transmit (Tx) coil must be optimized to enable excitation of a large volume (covering a
large span of resonance frequencies) for a given available
RF peak power. In the present design the RF peak power
was limited to 2 kW. Higher peak power ampliﬁers are of
course available, but their cost may be prohibitive for our
system and, most important, they may induce arcing in the
compact Tx coil. An optimal design of the Tx coil should
therefore include the following features: (a) the FOV of the
RF ﬁeld produced by the coil should conform with the
required FOV of the probe (and the static ﬁeld source),
with RF ﬁeld direction perpendicular to the static magnetic ﬁeld and ﬁeld magnitude that decays as slowly as
possible when moving away from the probe surface; (b) the
coil’s physical structure should minimize the phenomenon of arcing at high transmitted peak power; (c) the
quality factor of the coil should match the maximum available excitation bandwidth in view of the power available
from the power ampliﬁer; and (d) the resonance frequency
of the coil should be easily tuned, preferably electronically, over a wide frequency range of ⬃2-8.5 MHz.
Let us now consider in more details these design requirements and the manner by which they can be realized.
The ﬁrst requirement is fairly conventional and is realized
by the appropriate geometrical design of the coil, as shall
be described below (see also Fig. 4b,c). The second and the
third requirements are solved by employing a multilayered
coil design in which capacitors are distributed between
each coil layer (22). With such a design, the reactive voltage generated in each coil section is cancelled by the
negative reactive voltage on its adjacent serial capacitor.
This kind of structure also makes it possible to obtain an
overall coil inductance and a quality factor, for a given coil
resistance, that are much higher than that of the usual
single coil/capacitor structure. This is because the problem of stray capacitance is greatly reduced with such coil
geometry since each coil section is decoupled from its
neighbors by its adjacent serial capacitor. The fourth re-
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quirement is addressed by the use of a combination of
mechanical relay switches and wide band matching transformer, as shall be described in more details below. In
view of all that, the Tx coil design has the following
characteristics: (a) the coil’s geometry is an ellipse with a
semimajor axis a ⫽ 18 mm and a semiminor axis b ⫽
14 mm. The coil is bent on a radius of curvature of
22.5 mm, which is slightly larger than the probe radius and
mimics a situation where the coil can be expanded during
operation to the inner radius of a typical rectum cavity
(Fig. 2); (b) the total coil structure is made of four coil subsections, each of which has eight windings of ⬃0.2-mmdiameter Litz wire (made of 30 wires with 0.02-mm diameter) that withstand 3000 V (Elektrisola, Boscawen, NH);
(c) each subsection of the coil has an inductance of 18.8-20
H (including the mutual inductance between coil subsections). The total coil inductance, L, is ⬃77 H and its AC
resistance, RAC, is ⬃50 ⍀, leading to a quality factor, Q, of
⬃40 (at 4 MHz, the center of the FOV); (d) tuning and
matching capacitors are connected between each coil subsection. A set of fast mechanical relays can switch between
the values of these capacitors. For example, when operating around 2 MHz we employ capacitors values of 335,
326, 316, and 326 pF to match the four coils’ subsections,
and for 5 MHz we use the values 37, 36, 35, and 36 pF. Fig.
4a shows the measured current ﬂowing into the Tx coil for
the two different positions of the mechanical relays. A
matching autotransformer with a turn ratio of 1:4 (where
the larger number of turns is attached to the coil) reduces
the apparent impedance of the Tx coil by a factor of 16 and
this increases the possible instantaneous excitation bandwidth in our conﬁguration by a factor of ⬃6-8. With this
method one can cover the entire bandwidth of interest
using only two to four different relay states (depending on
the requirements for peak current into the coil and the
available RF power). Fig. 4b,c shows the spatial dependence of the RF magnetic ﬁeld of the Tx coil for 1 A of
excitation current. In view of the above, with a drive
current of 10 A peak (available from our 2-kW power
ampliﬁer), one can generate with this Tx coil pulses with
a bandwidth of ⬃50-250 kHz (for the farthest and closest
points in the FOV, respectively).
Receive coil. The receive (Rx) coil is identical to the Tx
coil in terms of its winding geometry and electrical properties (L and R). The difference between the two is that
while the transmit coil is tuned to a certain operating
frequency by a combination of mechanical relay switches
and a transformer (see above), the receive coil employs a
combination of mechanical relay switches and electric
tuning of a variable capacitance diode (varactor) to reach
the precise operating frequency without a signiﬁcant reduction in its Q-factor. The varactor-based instantaneous
narrow band frequency tuning is much better than using a
transformer spoiling Q for wide band matching since it
retains the high sensitivity of the coil. However, we have
found it very difﬁcult to employ varactor diodes as part of
the Tx coil circuit because their capacitance tends to vary
as a result of the RF voltage itself during the high power
pulses. This observation was the main reason leading to
the separation of the Tx and Rx coils. Furthermore, in
order to eliminate coupling between the coils, which
would induce unwanted voltage on the receiver and the
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FIG. 4. a: Measured current into the Tx coil for 1 V peak excitation as a function of frequency for two different positions of the mechanical
relays (switching between capacitor values that correspond to 2 MHz – red, and 5 MHz – blue, see text). b: B1 ﬁeld for excitation current
of 1 A in the Tx coil shown for the XY plane of the probe (the origin is at the center of the probe, see Fig. 2). c: The same as (b) but for the
XZ plane. d: Measured reﬂection coefﬁcient of the Rx coil for two sets of ﬁxed capacitor values and a varactor diode (tuned by applying
negative voltage bias). For the lower frequencies (blue graphs), we employed capacitor values of 299, 144, 140, and 144 pF in between the
four coil subsections, where the ﬁfth capacitor is the varactor with varying capacitance of ⬃750-130 pF. For the higher frequencies (red
graphs), we employed capacitor values of 74, 36, 35, and 36 pF in between the four coil subsections, where the ﬁfth capacitor is the varactor
with varying capacitance of ⬃750-60 pF. The measurements of the reﬂection coefﬁcient were carried out by means of an RF vector network
analyzer (model 6000; Ten-Tec, Sevierville, TN).

varactor during the transmit pulse, the Rx coil is also
serially connected to two positive-intrinsic-negative diode
switches. The capability of the combined varactor- and
relay-based method for tuning the Rx coil is shown in Fig.
4d for two sets of ﬁxed capacitance values (determined by
the mechanical relays), and a varying varactor reverse bias
voltage (model CREE C2D10120).

FIG. 5. Plots showing the calculated geometry of the excited volumes from which the NMR signal
is obtained as appears for the XY
(a) and XZ (b) planes of the probe.
The color scale shows the normalized signal obtained from
each small volume unit.

Calculated NMR Signal Without Gradient Coils
The information about the static ﬁeld, B0, and the RF ﬁeld,
B1, of the transmit and receive coils and their electrical
properties can be compiled with the aid of a 3D NMR
simulation (15,23) to extract the theoretical SNR and the
geometry of the volume sections around the probe from
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Table 1
Geometrical and NMR Characteristics of the Volume Sections Excited by the Probe at Different Representative Frequencies of
Operation
Freq., MHz

Location,
mma

Volume,
L

Width,
mm

SNRb

Tx
current,
amp.c


Gradient,
T/m/A

 Res.,
mmd

Z gradient,
T/m/A

Z res.,
mmd

6.5
5
3.5
2

7.2
10
13.7
20.6

305
497
857
1835

0.9
1.3
1.7
2.6

4.8
3.2
1.8
0.65

2.2
3.2
4.7
9.1

0.0119
0.0082
0.005
0.0022

1.0
1.5
2.4
5.6

0.0069
0.0047
0.0029
0.0012

1.8
2.6
4.2
9.6

aLocation

of the center of the excited volume (distance from the probe edge).
shot, assuming receiver noise ﬁgure of 3 dB.
cFor 180° pulse.
dResolution along the relevant axis, for a 50-A peak, 30-s-long half-sine gradient pulse.
bSingle

which the signal is obtained. Fig. 5 shows the calculated
excited volume sections by 100-kHz-pulse Carr-PurcellMeiboom-Gill (CPMG) echo sequences for the representative frequencies of 2, 3.5, 5, and 6.5 MHz. Table 1 presents
some characteristic features of each excited volume section.
Gradient Coils
As presented above, the aim of the MRI module is to
provide a 3D imaging capability covering a partial cylindrical section outside the probe (Fig. 1). The imaging capability is achieved through the use of - and Z-gradients
which encode the image along the - and Z-cylindrical
axes of the probe, while the R-axis is encoded by the
constant read gradient of the probe’s permanent magnet
(Fig. 3d).
-Gradient coils. The -gradient coils are shown schematically in Fig. 2. They comprise two antisymmetric coils
that are located at an angle of ⫾65° with respect to the
X-axis of the probe. Each coil is made of 0.7-mm-diameter
copper wire, with 28 windings around a 32 ⫻ 16 ⫻ 2 mm
rectangular core. In order to effectively cover the entire
FOV, the design of the  gradient coils requires them to be
expandable outward from the probe’s inner diameter of
30 mm to a diameter of ⬃45 mm during operation (which
is the typical inner diameter of rectal curvature around the
prostate region). The two coils are connected in parallel
and have a total inductance of 16.2 H and resistance of
0.15 ⍀. Fig. 6a shows the calculated ﬁelds generated by the
 gradient coils along the equiﬁeld arcs in the XY plane of

the probe (from which the signal is obtained; see Fig. 5 for
the excited volume geometry in the XY plane). It is evident
that while the gradient is not constant along the FOV, the
ﬁelds are still all monotonic functions, which is sufﬁcient
to effectively spatially encode the information along the 
axis (see the discussion about imaging sequence below).
The average value of the gradient and the image resolution
for gradient pulse with a peak current of 50 A and a
duration of 30 s (half-sine shape) are provided in Table 1.
Due to the fact that the coils are ﬁnite along the Z-axis of
the probe, the average gradients become weaker when
moving away from the center of the probe (Z ⫽ 0) by as
much as 28%. These characteristics, which are unavoidable when a relatively large FOV is acquired with a relatively small and curved (cylindrical) probe geometry, can
result in severe image artifacts and distortions. They will
be considered in more detail in section 4 when we discuss
the imaging algorithm and image-correction measures.
Z-gradient coils. The Z-gradient coils are shown schematically in Fig. 2. The structure of these coils is based on
six single rectangular coils. Each rectangular coil is made
of 0.35-mm-diameter copper magnet wire, with 40 windings around a 13.6 ⫻ 7 ⫻ 2 mm rectangular core. Three
coils are positioned on the upper part of the probe and
three coils on the lower part of the probe, so that their
centers are positioned at positions Z ⫽ ⫾25 mm, as shown
in Fig. 2. The three coils on the upper (lower) side of the
probe are connected in series. The upper and lower sets of
coils are then connected in parallel in an antisymmetric
manner and have a total inductance of 22.6 H and a

FIG. 6. a: Calculated magnetic
ﬁeld generated by the -gradient
coils with 1 A of current excitation, plotted along equiﬁeld lines
in the XY plane for the ﬁelds 0.047
(blue), 0.0824 (red), 0.1175 (green),
and 0.1529 T (magenta) (2, 3.5, 5,
and 6.5 MHz). The values plotted
are for the component of the gradient ﬁeld that is along B0. b: The
same as (a), but for the Z-gradient
coils, plotted along the equi-ﬁeld
lines in the XZ plane.
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FIG. 7. Block diagram of the MRI system.

resistance of 0.8 ⍀. Fig. 6b shows the calculated ﬁelds
generated by the ⌮-gradient coils along equiﬁeld arcs in the
XY plane of the probe (from which the signal is obtained,
see Fig. 5 for the excited volume geometry in the XY
plane). As in the case of the -gradient coil, the gradient is
not constant along the FOV, but it is still monotonic
enough to enable the image acquisition. The average value
of the gradient and the image resolution for gradient pulse
with a peak current of 50 A and a duration of 30 s
(half-sin shape) are provided in Table 1. When compared
to the -gradient coils, the gradient magnitude in most of
the FOV does not decrease signiﬁcantly when moving
away from the  ⫽ 0 plane. This is due to the use of three
coil pairs which cover effectively the entire FOV along the
 axis in the  ⫽ ⫾45° span. Nevertheless, at locations that
are close to the probe surface (⬍ 10 mm) and for large 
angles, the gradients can fall by as much as 50% vs the  ⫽
0 case. This, again, must be and is corrected during image
processing (see below).
Imaging Spectrometer Hardware
The main novelty in this work is related to the unique
self-contained MRI module presented above. Nevertheless,
a few aspects of the supporting imaging spectrometer hardware are not trivial and warrant separate description (the
large bandwidth of operation, the gradient drivers that
generate short and strong pulses, and the overall “homemade” spectrometer architecture). Figure 7 shows the
block diagram of the entire system. The homemade spectrometer is based on a RadioProcessor PC card (by
SpinCore, Gainesville, FL) that generates the RF pulses
and receives the NMR signal. This card also generates
transistor-transistor logic (TTL) control signals for the
power ampliﬁer and acquisition gates for the low-noise
ampliﬁer. Another PC card (PulseBlaster by SpinCore),
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which is synchronized to the RadioProcessor, generates
the rest of the TTL control signals such as signals to the
mechanical relay switches and to the gradient drivers unit.
The third and ﬁnal PC card that completes the control
system is a digital-to-analog converter (PCI-6733 by National Instruments, Austin, TX) that generates analog voltage to determine the magnitude of the gradient pulses and
the varactor diode tuning voltage. Returning to the signal
path, after being generated by the RadioProcessor, the RF
pulses are ampliﬁed by a 2-kW power ampliﬁer (Tomco,
Norwood, Australia). Following that, the high power
pulses go into the probe card in which the tuning capacitors and the mechanical relay switches are located in close
physical proximity to the Tx coil. The NMR signal is then
picked up by the Rx coil (which is disconnected during
transmission by a PIN diode switch that is located on the
probe card). The Rx coil is tuned to the right frequency by
a combination of ﬁxed capacitors, selectable through a
computer-controlled fast mechanical switch, and a varactor diode (all located on the probe card). The high voltage
needed to tune the varactor diode is generated by the
“varactor controlled high voltage (HV)” unit. The NMR
signal is then ampliﬁed by the front-end pod (FEP) unit
and returns to the computer for further processing. The
gradient drivers can generate currents of up to 50 A for
short durations of ⬃30 s. This is achieved by a variation
of the system described elsewhere (24). In this case, we
charge a capacitor of ⬃5 F to voltages of up to 420 V. The
shape of the current produced by such system is a half sin
(24).
Imaging Pulse Sequence and Image-Correction Algorithm
The unique geometry and the physical limitations imposed on the design of the probe make it difﬁcult to employ conventional imaging sequences and image processing algorithms. Therefore, we present here the special
imaging sequence and image-correction algorithm used in
this work.
Imaging Sequence
The gradient coils for the - and Z–axes, as well as the
native permanent gradient along the radial axis extending
away from the probe (Fig. 3d), are used for 3D spatial
encoding of the acquired signal. These gradient coils are
used in conjunction with two types of pulse sequences,
whose outputs are combined to obtain the image. The ﬁrst
type of sequence is a conventional CPMG multiecho sequence (Fig. 8), where the 90˚ RF pulse is along the rotating frame X-axis and all the subsequent 180˚ RF pulses are
along the rotating frame Y axis (25). The second type is the
Carr-Purcell (CP) multiecho sequence, which is very similar to CPMG but with the phase of the 90˚ RF pulse set
along the Y-axis of the rotating frame. As noted in the past
(25), for these types of sequences the NMR echo signal
along the echo train is strongly dependent upon the phase
of the 90˚ RF pulse: slowly decaying in a T2 rate for CPMG,
and decaying fast for CP. Therefore, in most cases CPMG
sequences will be used for imaging. For example, in a
“conventional” CPMG-based imaging sequence (such as
the rapid acquisition with relaxation enhancement (RARE)
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FIG. 8. Imaging pulse sequences for the semitransrectal probe. The
pulse ﬁeld gradient is applied between the ﬁrst /2 and the  pulses
of the CPMG train. Typically,  would be ⬃50 s, T is ⬃50 ms, and
TR is ⬃500 ms.

sequence (26)) there is no phase-encoding gradient between the 90˚ RF pulse and the ﬁrst 180˚ RF pulse in order
to preserve the phase of the former and obtain a high signal
along the entire echo train. Consequently, the overall
phase resulting from the encoding gradient between adjacent 180˚ RF pulses must be zero. This is achieved by
applying a positive and then a negative encoding gradient
lobe before and after each echo in the train (26). In our
system, the use of such an imaging sequence is not practical due to the high currents required by the encoding
gradients and the short time between adjacent echoes.
Applying such short and intense encoding gradient lobes
before and after all the echoes in the train would result in
a strong heating effect and would require an extremely
high average power out of the gradient drivers. A possible
solution to this problem is to apply a single-phase encoding pulse after the 90° RF pulse. However, this approach
results in many artifacts, especially for ex situ NMR probes
with a very inhomogeneous RF ﬁeld. These artifacts can be
removed by an appropriate phase cycling of the RF pulse
sequence to extract an artifact-free signal (11). In this work,
we have used a variant of that approach, based on the use
of both CPMG and CP in accordance to the following
reasoning and signal analysis:
Normally, if one applies a single gradient lobe to encode
all the echoes in the train and places it between the 90˚ RF
pulse and the ﬁrst 180˚ RF pulse, this violates the required
condition for the CPMG sequence since the phase after the
90˚ RF pulse is not preserved. In order to examine ways to
correct that problem, we refer to an analysis of such multiecho pulse sequence (5,27-29). Suppose that the phase of
the spins just before the ﬁrst 180˚ RF pulse with respect to
the phase of the 180˚ RF pulse is , as shown in Fig. 8.
According to the analysis (5,27-29), any echo in the train is
the sum of an “even parity” echo and an “odd parity” echo.
The even-parity echo experiences an even number of
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phase inversions by the refocusing RF pulses, while the
odd-parity echo experiences an odd number of phase inversions (27). Therefore, the phase of all the even-parity
echoes is , and the phase of the all the odd-parity echoes
is –. For the CPMG sequence, where we apply the 90°
pulse along the X-axis, the value of  ⫽ 0˚ and in the CP
sequence case (the 90° pulse along the Y-axis),  ⫽ 90˚. In
a CPMG sequence (where  ⫽ 0), the even and odd echoes
are all in phase and therefore a high signal is maintained
along the echo train. In a CP sequence  ⫽ 90˚, and thus
the even- and odd-parity echoes are out of phase and the
signal decreases very quickly along the echo train. When a
phase-encoding gradient is applied between the 90˚ RF
pulse and the ﬁrst 180˚ RF pulse, the phase  becomes
spatially dependent, i.e.,  ⫽ ␥GyT, where Gy is the phaseencoding gradient, T is the duration of the gradient and y
is the location along the phase-encoding direction. Naively, one can sum up all echoes along the train for each
gradient value and then generate an image by Fourier
transform. However, such an image would be the sum of
two images based on odd and even echoes, which are
encoded by the  and – phases, respectively. Thus, a
simple Fourier processing would result in considerable
image artifacts since the even and odd images (are superimposed together) are reﬂected along the phase-encoding
axis (y in the even image becomes –y in the odd image).
In order to separate the contribution of the even an odd
echoes, we employ the algorithm described elsewhere
(27). Brieﬂy, each measured echo signal in the train can be
processed for any arbitrary  to separate its even- and
odd-parity echo components by adding and subtracting
the signals of the CP and the CPMG sequences. Thus, the
entire process is as follows: (1) For each gradient phaseencoding step, the signal for both CP and CPMG sequences
is acquired. (2) All the echo train signals are added for the
CP and CPMG separately to produce the CP signal and the
CPMG signal. (3) Following this the CP and CPMG signals
are added and subtracted to obtain the even- and oddparity echo signals:
Even parity echo signal ⫽

CP signal ⫹ CPMG signal
2

Odd parity echo signal ⫽

CP signal ⫺ CPMG signal
2

[1]

(4) Steps 1-3 are repeated for all phase-encoding steps. (5)
The even- and odd-parity echo signals are reconstructed
by conventional Fourier analysis to provide the even- and
odd-parity images. Since the even- and odd-parity echo
signals are all encoded by the same  phase, they result in
an artifact-free image, denoted by the even (odd) parity
image. (6) Both images undergo phase correction. (7) The
odd-parity image is reﬂected along the phase-encoding
direction and added to the even image (this improves the
SNR by a factor of 冑2). (8) For the case of two orthogonal
phase-encoding directions as shown in Fig. 8, the oddparity image is reﬂected along both phase-encoding directions and then added to the even-parity image. This algorithm enables us to use the sequence of Fig. 8, despite the
violation of the requirement for CPMG echo train.
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It should be noted that, for clinical applications, one
should consider not only the SNR but also the contrast
mechanism between healthy and malignant tissues. Since
the probe has a relatively large static gradient, it can be
used to obtain both diffusion- and/or T2-weighted images.
For example, for a CPMG sequence with restively short 1
and 2, the summed echo signal is mostly T2-weighted,
while for large 1 and 2, the summed signal is heavily
diffusion-weighted (15,16).
Image-Correction Algorithm
The probe presented herein has to cover an FOV that is
similar to its physical size. This requirement, along with
the probe’s curved geometry, leads to unavoidable large
variations in gradient magnitude throughout the imaging
FOV (Fig. 6). Clearly, such variations can lead to large
image artifacts and distortions. In order to solve this problem, we have implemented an image-correction algorithm,
based on the calculated static and gradient magnetic ﬁelds
of the probe. The algorithm can be explained as follows.
One-dimensional image correction. Suppose one has a
one-dimensional image in Y, which is acquired with Ny
increments of the phase-encoding gradient Gy followed by
a one-dimensional Fourier transform (we use Y instead of
 axis throughout the reminder of this section for simplicity of writing). For each increment of the phase-encoding
gradient, ⌬Gy, the phases of the signal from each point on
the Y-axis are increased by a vector ⌿, which spans from
– to , having Ny elements with equal increment of ⌬⌿ ⫽
2/Ny radians between adjacent points. For a linear gradient, the constant phase increment ⌬⌿ between each spatial
point leads to the reconstructed spatial vector y with constant increment ⌬y ⫽ 2/(␥GyT), where Gy is the maximum
amplitude of the encoding gradient and T is its duration.
For a nonlinear gradient ﬁeld, the spatial locations on y
that correspond to the vector ⌿ have unequal increments,
and therefore the image after Fourier transform appears
distorted.
The kth element of the phase vector ⌿, ⌿(k), is given by:
⌿共k兲 ⫽ k 䡠 ⌬⌿ ⫽ ␥ 䡠 k 䡠 ⌬B共y兲 䡠 T

equal phase increments. Eq. 2 can be written in the twodimensional case as follows:
⌿ y共k兲 ⫽ k 䡠 ⌬⌿ y ⫽ ␥ 䡠 k 䡠 ⌬B y共y,z兲 䡠 T

[3]

⌿ z共m兲 ⫽ m 䡠 ⌬⌿ z ⫽ ␥ 䡠 m 䡠 ⌬B z共y,z兲 䡠 T

[4]

In this case, the location of equal-phase points is a line
and not a single point, as in Eq. 2. Thus, for each ⌿y(k) in
Eq. 3 we have a line of constant phase Ly,k(y, z), and for
each ⌿z(m) in Eq. 4, a line of constant phase Lz,m(y, z). An
arbitrary point (k, m) of our image after two-dimensional
Fourier transform (k ⫽ 1..Ny and m ⫽ 1..Nz) is the intersection between these two constant phase lines Ly,k and
Lz,m (which is a single point). The spatial location of this
point is denoted r(k, m). Note that r(k, m) has a Y coordinate and a Z coordinate, so r(k, m) consists of two twodimensional matrices ry(k, m) and rz(k, m). The matrices
r(k, m) are the spatial locations of the equal-phase image
obtained after applying the two-dimensional Fourier transform. To avoid errors due to discretization, we use the fact
that ry(k, m) and rz(k, m) are slowly varying in space, so
that they can be smoothed by ﬁtting to a set of secondorder polynomials in two dimensions. Finally, the image
is corrected by two-dimensional interpolation of the image
from the locations r(k, m) to a constant-grid matrix along Y
and Z.
To summarize this algorithm, the spatial correction of
the original image (after the Fourier transform) consists of
the following steps: (a) for each phase point, k and m,
calculate the line with constant phase for the Y gradient
and the Z gradient and ﬁnd the intersection between the
two lines. The results are the two matrices ry(k, m) and rz(k,
m) with the spatial locations of all the voxels from the
original image. (b) Smooth ry(k, m) and rz(k, m) by ﬁtting
them to two-dimensional polynomials. (c) Interpolate the
image to a constant-increment grid in Y and Z. It should be
noted that the YZ grid does not coincide with the physical
YZ plane of the probe (Fig. 2), but rather corresponds to
the (curved) equi. B0 plane for the speciﬁc frequency at
which the signal is acquired.

[2]
RESULTS

where ⌬B(y) is the magnetic ﬁeld increase at position y due
to a single increment of the phase-encoding gradient amplitude, T is the gradient duration, and ⌬⌿ ⫽ 2/Ny. Since
⌬B(y) depends on y, Eq. 2 maps the vector ⌿ onto a set of
Ny spatial locations {yk} where k ⫽ 1 to Ny. To correct the
distorted image, we need to interpolate the image from the
locations {yk} into a spatially constant-increment vector
that we denote Y. In summary, the correction consists of
two steps: (a) calculation of the location vector {yk} by
numerically solving Eq. 2; (b) interpolation of the image
from {yk} into a spatially constant-increment vector Y.
Two-dimensional image correction. In the case of twodimensional imaging, the image is acquired with Ny increments of the Y gradient and Nz increments of the Z gradient, followed by a two-dimensional Fourier transformation. The ﬁelds of the Y- and Z-gradient coils, By(y,z) and
Bz(y,z), are known from the ﬁeld calculations (Fig. 4). After
the Fourier transform, the pixels are located on a grid with

The fully assembled probe was integrated with our NMR
system (Fig. 7) and examined to verify its performance.
The initial tests included the acquisition of an NMR signal
at various frequencies without acquiring an image. The
more advanced experiments included image acquisition of
test samples.
NMR Signal
A sample made of agarose gel, which mimics typical tissue
NMR parameters (T1 ⫽ 300 ms, T2 ⫽ 100 ms, at a ﬁeld of
⬃5 MHz), was placed in front of the probe. The NMR
signal was acquired by applying a simple CPMG pulse
sequence at several frequencies. Due to mechanical reasons the actual position of the probe prototype’s Tx/Rx
coil, just in front of the magnet, was not as compact as in
the original design (see Fig. 10 vs Fig. 2). This made it
difﬁcult to acquire a signal at the shorter set of distances
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from the probe. (A clinical probe design would have to
include a mechanical solution to this problem that would
set the Tx/Rx coil closer to the magnet.) Therefore, the
excitation slices that were entirely outside the magnet ⫹
Tx/Rx coil structure were only at frequencies below
⬃3.5 MHz. Fig. 9 shows a typical NMR echo signal obtained at 3.5 MHz and 2 MHz. The signal is the average
sum of 250 echoes in the CPMG trains multiplied by 64
scans and four phase cycles (total of 250 ⫻ 64 ⫻ 4 ⫽ 64,000
echoes). The measured single-shot SNR was found to be
0.84 and 0.41 at 3.5 MHz and 2 MHz, respectively. This is
a bit lower than the predicted values of 1.8 and 0.65, based
on the excited-volume NMR simulation (see Table 1 and
Fig. 5), but still acceptable considering uncertainties such
as magnet and Tx/Rx coil ﬁeld proﬁles, line losses, and
possible external noise sources.

3.5 MHz
2 MHz
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0.1 0.2
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0.3
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FIG. 9. NMR signal (in the frequency domain) obtained from a large
test sample, at 3.5 MHz and 2 MHz.

Imaging Examples
The probe’s imaging capability was evaluated and veriﬁed
with several test samples. The samples were made of the
same agarose gel as the one used for the NMR signal tests.
Fig. 10 shows the conﬁguration of the experiments and the

FIG. 10. NMR images of test
samples in different conﬁgurations. On the left column (a,d,g),
we show the experimental setup
with the probe and the various
agarose gel tubes in different
geometrical positions. On the
center (b,e,h), the NMR images
are presented without any special
processing. On the right (c,f,i),
the NMR images are shown after
processing to correct for the nonlinearity and spatial variation of
the gradient ﬁelds (see section
4.2).
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corresponding NMR imaging results. The images were obtained with the following pulse sequence parameters (see
Fig. 8): the frequency of operation was 3.4 MHz; the length
of both the 90° and the 180° pulses was 10 s; 1 ⫽ 82 s;
1 ⫽ 140 s; the echo train included 250 echoes; the
duration of the gradient pulses was 30 s; the sequence
was repeated every 300 ms. For the -gradient, a current of
20 A was used (⬃40% of maximum available current),
leading to an image resolution of ⬃5 mm. For the ⌮-gradient, a current of 40 A was used (⬃80% of maximum
available current), leading to an image resolution of
⬃11 mm. Thus, the images contain 41 ⫻ 41 voxels, with a
volume of ⬃5 ⫻ 11 ⫻ 1 mm (along the , Z, and radial
extent of the probe). Image SNR is ⬃120 and the total
acquisition time was ⬃1 h (performing four-step phase
cycling to remove magneto-acoustic ringing and other
ring-down noises, and repeating this acquisition for both
the CP and CPMG pulse sequences [see section 4.1], a total
of 41 ⫻ 41 ⫻ 4 ⫻ 2 ⫽ 13,448 trains). The total number of
echoes acquired for each image is 250 ⫻ 13,448 ⬃ 3.3
million, leading to single shot voxel SNR of ⬃120/公3.3 ⫻
106 ⫽ 0.066. If we compare these results to Table 1 (and
take into account the image voxel volume), we ﬁnd that the
image SNR is a factor of ⬃1.8 smaller than one should
expect. This relatively minor difference with regard to the
theory is similar to what we have found in the case of a
“simple” NMR signal without imaging (see section 5.1
above).
SUMMARY AND CONCLUSIONS
This work has shown for the ﬁrst time the possibility of
acquiring NMR images in an ex situ manner with an FOV
that is comparable to the size of the probe. Major challenges such as magnet design, Tx/Rx coil design and construction, wide bandwidth of operation, gradient coil design and construction, gradient drivers, control software,
and image processing software were all faced in order to
achieve reasonable NMR images of test samples. The probe
is envisioned to be useful in several modes of action, based
on its ﬁnal performances and capabilities. The most basic
mode of operation of this probe would be biopsy targeting,
where the information obtained by the MRI module would
only be used to direct the insertion of the biopsy needles to
a targeted set of suspected voxels. Urologists tend to ignore
lesions that are smaller than ⬃0.5-1 mL. Therefore, for this
type of application, a very moderate MRI image resolution
would be sufﬁcient to greatly improve upon the current
procedure that is based on “random biopsy” and often
requires many needle insertions and leads to repeated
procedures (30). Furthermore, in this mode of operation
the imaging time (limited by the SNR) can be greatly reduced by co-adding about ﬁve voxels along the radial
extent of the probe, where the current resolution is relatively high (⬃ 1 mm). More advanced operation modes,
where the probe is to be used for screening and possibly
periodic staging, could be pursued later on following some
hardware and software improvements that would lead to
improved image resolution and reduced acquisition time.
These improvements may include, for example (a) using
miniature RF mechanical switches based on microelectromechanical systems technology to tune the frequency of
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the Rx coil to discrete values with several ﬁxed capacitors,
instead of employing the varactor solution (which reduces
SNR by a factor of ⬃2-3); (b) increasing resolution by
having a larger gradient strength and employing more efﬁcient schemes for k-space coverage; (c) including contrast
enhancement in the imaging protocol; and (d) further optimizing the permanent magnet as an independent unit or
possibly combing it with an external magnet placed on the
patient. Such improvements and others may enable the
probe to image a larger portion of the prostate, with a
higher resolution and shorter acquisition time. Nevertheless, it is clear that this technology by no means can
approach the current state-of-the-art MRI with endorectal
coils (reaching submillimeter resolution with a very high
SNR). The probe’s relative simplicity of operation and low
cost inevitably lead to unavoidable compromises in performance that should hopefully still be good enough for
several important clinical applications.
Clearly, much work is still needed before a fully clinical
probe can be demonstrated. This includes, for example, a
better mechanical setup that minimizes the volume taken
up by the Tx/Rx coils, improved calculation and even
mapping of the gradient coil, which would minimize image artifacts (using the image-correction routines), and further reduction of the acquisition time, employing the
means discussed above. Nevertheless, we believe that the
work carried out in this project can be considered as a
good starting point, providing many answers to difﬁcult
feasibility-related issues. Furthermore, it has shown how
our detailed theoretical design tools can materialize into a
workable probe.
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