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Abstract—An implantable miniaturized imaging device can be
attractive in many clinical applications. They include automated,
periodic, high-resolution monitoring of susceptible organs for
early detection of an anomalous growth. In this paper, we propose
an implantable ultrasonic imager capable of online high-resolution
imaging of a region inside the body. A feasibility analysis is presented, with respect to design of such a system and its application
to online monitoring of tumor growth in deep internal organs. We
use ultrasound (US) imaging technology, as it is safe, low-cost, can
be easily miniaturized, and amenable for long-term, point-of-care
(POC) monitoring. The design space of the proposed system has
been explored including form factor, transducer specifications and
power/energy requirements. We have analyzed the effectiveness of
the system in timely detection of anomalous growth in a case study
through software simulations using a widely-accepted ultrasonic
platform (Field II). Finally, through experimental studies using
medical grade phantoms and an ultrasound scanner, we have
evaluated the system with respect to its major imaging characteristics. It is observed that interstitial imaging under area/power
constraints would achieve significantly better imaging quality in
terms of contrast sensitivity and spatial resolution than existing
techniques in deep, internal body parts, while maintaining the
automated monitoring advantages.
Index Terms—Early detection, implantable imager, low power,
recurrence, transducer, ultrasonic.

I. INTRODUCTION

A

UTOMATED monitoring of internal organs, such as liver,
kidneys, lungs and gastrointestinal tracts, has many diagnostic applications. Early detection (i.e., before symptoms arise)
of certain conditions such as systemic inflammatory response
syndrome, fatty liver disease, stenosis, and tumor growth [1],
[2] can be accomplished through continual, automated monitoring of interstitial organs. Real-time imaging of these organs
is well-known as an effective approach to detect onset of abnormalities, such as an anomalous growth in internal organs. External imaging modalities such as Magnetic Resonance Imaging
(MRI), Computed Tomography (CT), Positron Emission Tomography (PET) or ultrasound scans are typically used for diagnostic monitoring purposes. However, these external modalities often fail to provide adequate resolution for deep interstitial
body parts. This can be caused by specific location of a growth in
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an internal organ and the non-homogeneity of the body medium.
State-of-the-art MRI, CT and PET scans are expensive and often
inaccessible for large volume of patients, particularly in developing countries. Moreover, they involve complex operations by
trained specialists, which has prevented wide-spread availability
of these machines. Finally, existing diagnostic approaches require a patient to physically visit a medical facility for routine
check-up, which may be inconvenient, in particular, for patients
who lose their mobility. Hence, existing imaging modalities are
not suitable for continual long-term monitoring of body organs.
Diagnostic ultrasound (US) imaging serves as an efficient
screening tool for early detection of anomalies. The advantages
of ultrasound in terms of cost-effectiveness, safety, simplicity of
operation, ability of system miniaturization, and sufficient resolution in many applications, make it attractive as an efficient
screening modality [3]. Ultrasound imaging has been used in
practice to detect gall stones, cysts, muscle and tendon injuries
as well as for detection of malignant growths in superficial organs like breast, ovary, prostrate, and bladder. However, external
ultrasound is often incapable of producing high-resolution images throughout the entire scan volume. The fundamental frequency versus scan depth trade-off limits its imaging capabilities in deep internal organs. Moreover, the presence of different
tissue layers (skin, fat, muscles, bones etc.) leads to greater attenuation losses and phase aberrations of the external beam.
A recent, comparatively invasive ultrasound imaging approach
places a miniature transducer at the tip of an endoscopic catheter
to perform trans-esophageal, endo-bronchial, and trans-rectal
imaging [4]. It partly mitigates the problems of attenuation and
beam defocusing. However, these procedures are not suitable for
continual monitoring. Furthermore, many inner organs, such as
right lobe of liver, lung walls and parts of gastro-intestinal tract
remain inaccessible to a catheter used in endoscopic imaging.
We note that an implantable imaging solution capable of
monitoring interstitial organs can effectively address these
issues. In this paper, we propose a miniaturized ultrasonic
imaging assembly, which can be implanted inside body for
long-term, automated, point-of-care (POC) monitoring of a
region. It enables early detection of various medical conditions.
A promising application of this implantable imaging device is
early detection of loco-regional recurrence of cancer. Often,
treatment of primary tumors starts with surgical resection, followed by chemotherapy, radiation or a combination. However,
even after aggressive treatments, patients remain vulnerable
to a potential recurrence, which can occur in few months to
5–10 years (depending on cancer types) during which the
patients need to be rigorously monitored. At present, cancer
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Fig. 1. In situ, localized imaging can address some of the challenges associated with external and endoscopic imaging. It is capable of providing higher resolution,
online monitoring of cancer recurrence in deep internal organs.

relapses are often detected through the onset of symptoms,
which is usually too late for treatments to be effective [5]. In
most scenarios, symptoms appear only when the cancer has
spread beyond the organ of relapse through the vascular system
[6]. Hence, early detection of cancer recurrence is critical for
successful treatments. The proposed imager can be surgically
implanted around the site of the primary tumor after resection
to periodically monitor for onset of loco-regional recurrence
(e.g., for soft tissue sarcomas, breast cancer). By passing an
alert in case of suspected anomaly, a relapse of malignancy
could be detected in stage 1 or early stage 2, which is generally
much earlier than symptomatic detection (often in stage 3 or
stage 4). In particular, the paper makes the following major
contributions.
• It proposes a novel implantable imaging assembly using
a safe, low-cost, screening modality like diagnostic ultrasound, aimed at continual monitoring of internal organs.
The advantages of the proposed system over existing
modalities are: (1) automated, online monitoring of susceptible organs; (2) uniform, high-resolution imaging
(compared to external, endoscopic modalities) over the
volume of interest in deep internal organs; (3) a cost-effective, convenient monitoring option (compared to MRI
and CT) amenable for long-term scans and increased
accessibility for patients in developing countries.
• It presents a detailed feasibility study for the proposed
system. It identifies the design requirements of the system
and explores the parameter space including form factor,
transducer specifications and power/energy requirements.
• It quantitatively verifies the advantages of in situ localized ultrasonic imaging over the existing external modality
in deep internal organ scenarios. It considers both spatial
resolution and contrast sensitivity of images. The performances of the different modalities in imaging a region of
the liver right lobe are compared using both a widely-accepted ultrasound simulation platform (Field-II) as well as
experimental measurements using human tissue phantoms
and a medical ultrasound scanner.
The rest of the paper is organized as follows. Section II provides an overview of the proposed system. Section III describes
exploration of the design space and analysis of power requirements. Section IV presents simulation results obtained from

Field II tool set. Section V provides experimental measurements
and observations. Section VI discusses several important design
considerations for the system. Section VII concludes the paper
and provides future research directions.
II. SYSTEM OVERVIEW
An example scenario, depicting the relative advantages of
the proposed interstitial system over external and endoscopic
ultrasonic techniques for imaging the top portion of the liver
right lobe is illustrated in Fig. 1. The localization of imaging
in the volume of interest enhances the effectiveness of internal
imaging. We consider the case study of early detection of cancer
recurrence. For post-treatment monitoring, highly susceptible
regions for relapse include the region around the original tumor
site after resection and the surrounding lymph nodes. Such an
assembly would be surgically implanted at the required area
during the operation for primary tumor resection to monitor for
loco-regional recurrences. The proposed system consists of two
major components.
Transducer: Due to a broad field of view, we use convex
linear arrays. Volumetric imaging would be performed by mechanical rotation in one plane and electrical steering with natural
array curvature in the other plane.
Assembly: The assembly geometry is a hemisphere
[Fig. 2(a)], as the system would be mostly sutured along the
organ wall. The arrays would be interlaced on the assembly surface. The electronics, power supply module and a micro-motor
for rotation would be enclosed within the assembly.
For cancer relapse monitoring, the imager would periodically
(e.g., bi-monthly) scan the 3-D volume of interest and transmit
the data wirelessly to a central processing and storage system
[7] for automated anomaly detection. On detection of a possible
growth, the external system would generate an alert.
III. DESIGN SPACE EXPLORATION
Design space exploration involves the judicious selection
of transducer arrays, their spatial arrangement, and assembly
geometry for best volume coverage under size and power/energy constraints. The primary objectives and design constraints
(Table I) are as follows: (1) Spatial Resolution: The required
resolution for detection of a cluster of malignant cells, in stage
[8] (within ultrasonic imaging
I/II, is usually
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ization, lesser cost of batch fabrication, enhanced sensitivity and
integration with front-end electronics.
Active Aperture: Lateral resolution is approximated by the
full width half maximum beam profile, given by
, where LR is the lateral resolution, , the ultrasound
wavelength, F, the focal depth and L being the active aperture
. Besides, with
length [12]. So greater the aperture, better the
increased aperture, the beam has higher acoustic energy and
hence image Signal-To-Noise Ratio (SNR) is improved. An implantable battery with a super-capacitor can supply peak power
[11], [14]. With each CMUT elin the order of
ement requiring
, the maximum number of
active elements is 128. With a pitch of , the aperture length is
1.3 cm (within system form factor).
B. Imaging Assembly
Fig. 2. (a) Front view of proposed imaging assembly. (b) Posterior view of
assembly. (c) The imaging array. (d) Region covered by beam steering.

TABLE I
DESIGN OBJECTIVES AND CONSTRAINTS

limits). (2) Power Limit: The peak power, dissipated for an
extremely small duration during transmission, is limited to
, with the specifications of an implant battery [9],
charge pumps [10] and thermal limitations [11]. (3) Array
Pitch: Present fabrication methodologies achieve a pitch limit
with reliable yield. (4) Scan Range: A region
of
extent around the primary tumor needs to be
of
monitored. Major system components are described next.
A. Transducer
The parameters of the array are described below.
Frequency:It is fixed at 15 MHz, with a bandwidth of
, based on the desired resolution. With an usual dynamic
range of 100 dB before depth gain compensation (DGC) and
a soft tissue attenuation of 0.6 dB/MHz/cm, the scan range is
. The theoretical lateral resolution, at the furthest depth
.
(aperture of 1.5 cm), is within
Array Pitch: Appearance of the grating lobes depends on
the array pitch and beam steering angle. The angle at which
the grating lobes appear is governed by
[12], where p is the array pitch and , the maximum steering
is maintained for the
angle. If nyquist spatial frequency of
pitch, then grating lobes do not appear. However, for 15 MHz,
. From the fabrithis corresponds to a pitch of
.
cation constraints, we proceed with a pitch of
As shown in Fig. 2(d), depending on the organ topology, we
at the array ends. Corremight require a steering of
sponding to this, the grating lobes would appear at
,
which should not hamper the imaging quality.
Array Material: We choose CMUT [13] over soft PZT, as
our array material due to inherent advantage of easier miniatur-

Major parameters of the assembly are described below.
Arrangement of Transducers: An array would be placed
along a longitudinal half circle of the hemisphere. To obtain
a 3-D scan, without rotations, the entire assembly would have
to be interlaced with arrays. This is not feasible due to fabrication complexities, increased interconnects and cost. For the
convex transducer array, the circular azimuth plane can be imaged due to its curvature. To obtain the volumetric image, a
miniature motor [15] has to mechanically rotate the array to scan
the different planes. Our assembly would contain a single array,
to save cost of fabrication, interconnect complexities, increased
switching electronics etc. The array would perform elevational
to 75 [array placed cenimaging by rotations from
trally as in Fig. 2(a)]. To allow for reliable mechanical rotations,
the array extends up to 0.3 cm from the apex on both sides
, leading to
[Fig. 2(a)]. The array length is
elements in total. An active aperture of 128 elements is moved
along the array to obtain the image for each plane. For enhanced
lateral resolution, a linear shift of 1 element per aperture is set,
leading to 243 scan lines. Due to beam steering, there would be
lines, leading to a total of
scan lines
an extra
per azimuthal plane. The posterior view of the assembly, with
the enclosed electronics is shown in Fig. 2(b). The array is illustrated in Fig. 2(c).
Embedded Electronics/Processing: The transmit circuit
incorporates a Tx beamformer, a digital-to-analog converter
(DAC) and a high voltage (HV) amplifier to send pulses to the
elements. On the receive side, there are the analog front end
for signal conditioning, analog-to-digital converter (ADC), Rx
beamformer, processor and memory for image rendering and a
transceiver to communicate with external unit. For interfacing,
multiplexers and demultiplexers are used to select the array
apertures, with Tx-Rx switches protecting the receive circuitry
from leakage of high voltage transmission pulses.
C. Imaging Operation
For uniform lateral resolution, 10 dynamic focal zones are
used for each scan line. The imaging steps, illustrated in Fig. 3
are as follows: (1) For the array, the aperture of 128 elements
near a vertex is made active and 20 steering cycles are completed. (2) The array works in the linear mode thereafter, with
the focus along the central element of the active aperture. (3) At
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TABLE II
POWER/ENERGY SPECIFICATIONS

Fig. 3. Flow diagram showing major steps in imaging a volume of interest.

the other apex, another 20 steering scan cycles are performed.
With this, the current azimuthal plane is imaged. (4) Next the
, in steps of
array is rotated in the elevation plane up to
[15], with each plane being imaged as in steps
. The
same is repeated in the opposite direction. (5) With the scans
azimuthal planes (determined by organ
of
topology), the 3-D rendered image of the susceptible region of
interest is reconstructed.
D. Power Analysis
The rechargeable power source has to be designed, such
that it can supply the peak power and the total energy required
for at least one imaging cycle. A monthly scan is sufficient,
giving ample time for recharging the battery through magnetic
or inductive powering [16]. The peak power occurs during
).
the transmit cycle for a very short duration (orders of
Assuming a CMUT unipolar pulse voltage of 25–30 V [17]
ns (15 MHz frequency) and a capaciwith a rise time of
tance of 1.5 pF per element [17], the peak current per element
. Transmit power for an active
is calculated to be
. This is the maximum instantaneous
aperture is
power required for the imaging cycle. In diagnostic ultrasound
imaging, the transmit duration is significantly less
compared to the receive time. The receive peak power is mainly
determined by the operation of all the channels at the same
time. The ADC is the most power hungry component. With
proper utilization of power down methods for a resolution
of 10–12 bits and sampling frequency of 50 MSPS, the peak
[18]. For simulpower per receive channel is
taneous operation of 128 channels, the instantaneous power
. This is
less than the transmit power. The
is
back end beamformer would consume significantly less power
in the order of tens of milliwatts. Techniques like power and
clock gating and near-threshold operation would minimize the
leakage at nanometer design modes [19]. The piezo-motor, for
gram force) at
a load approximating our system (
[15]. The power required by
3.3 V consumes
an ultra-low power transceiver chip with a data rate of 800 Kbps
at 3 V [20]. The energy required for a complete
is
imaging iteration can be estimated as follows:
a) With a soft tissue sound speed of 1540 m/sec, imaging
time for a plane is 0.23 sec. With overhead due to memory
access latencies etc., this estimated time would not exceed
0.5 sec.
. Hence, the
b) The maximum number of rotations is
sec. For a single pulse or
total imaging time is
multi-cycle damped sinusoid at the desired frequency, the

of the receive duration for a
transmit time is
. The total
depth of 6 cm. This corresponds to
. The rest
is for echo
transmit energy is
reception.
c) The back end processor consumes negligible energy. At
, the
the motor input power and a time step of
. An overestimated wireless Tx-Rx
total energy is
time, with a sampling rate of 50 MSPS would be a few
minutes. The transceiver energy would be around a few
.
Joules
d) The total energy (cumulative effect), for the entire scan. The imaging requirements are listed in
ning is
Table II.
Regarding the power source, we consider a state-of-the-art
mAh. Under
implant battery [9] with a capacity of
. To obtain
loading, the output voltage would be
the CMUT voltage, we would use a series of 3 batteries and
a modified 5-stage dickson charge pump with static charge
transfer switches (CTS) [10]. Functional simulation using
. To provide the high disSPICE gives an output of
charge current during transmit, a capacitor of the order of
would be required at the pump output, similar to the
capacitor in a defibrillator battery for shock pulses [21]. The
. A full imaging
energy from the power source is
cycle requires
. For discharge to
of the rated
capacity, the number of imaging iterations before a recharge
. The specifications are listed in Table II.
would be
IV. SIMULATION RESULTS
We compare existing external and the interstitial ultrasonic
imaging of internal organs like liver, pancreas, lungs etc.,
through a simulation tool [22] and an experimental framework.
A. Simulation Framework
Although the Field II ultrasonic simulation tool is based on
certain approximations, e.g., linear propagation of ultrasound
and independent imaging of scatter points, the simulated pulse
echo responses represent an accurate estimation of the actual
imaging performance. In a real external scenario, the ultrasonic
wave traverses through skin, fat and muscles before the organ of
interest. Field II is suited for simulating phantom images with
constant attenuation, thus enabling us to compare performances
with variation in anomaly depths, imaging frequencies and aperture lengths, in a homogenous phantom. We focus on comparing
the internal/external performances in imaging an anomaly in the
liver right lobe. The mean thickness of the tissue layers around
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TABLE III
MAJOR IMAGING PARAMETERS

TABLE IV
COMPARISON OF IMAGING PARAMETERS

Fig. 4. Comparative internal/external images of lesions, at 2 different depths
from liver surface, with corresponding lesion detectability metrics.

the liver is
. The internal imager consists of 128 channels. Aperture size for external liver imaging is limited by in. For an usual external fretercostal spaces
quency of 5 MHZ [23], the aperture consists of a maximum of
256 elements. Ultrasound systems usually contain a maximum
of 256 Tx-Rx channels. Transducers with greater than 256 elements have to multiplex between channels. The imaging parameters for simulation are given in Tables III and IV.
On obtaining scan lines, back-end processing (envelope detection, log compression, signal reject) is performed, including
depth gain compensation (DGC) [24]. The selected echo dynamic range (DR) is dependent on the application [25]. The
final display range is usually within 20–30 dB. To identify local
changes within an organ, a wide DR is used. For obstetric images, when the organ shapes are more significant, a low DR
is selected [25]. Early detection of malignant growth requires
monitoring local variations in tissue properties. The echo range
[25].
to get diagnostic information in the liver, is
Similar to a computational observer [26], the objects of in,
terest are placed at different depths within the range of
and the imaging performances quantified. For each depth, the
metrics are averaged for 3 lateral positions, to incorporate the
randomness in the scatterer amplitudes. Objects include:
Lesion: Lesions of radius 1.5 mm and contrasts of 6 dB,
10 dB, and 20 dB, are considered. Detectability metrics are
Lesion Signal-to-Noise Ratio (SNRL) and Contrast[27]. Higher
values of both signify better lesion detectability.
Cyst: For cysts of radius 1.5 mm, the metric is Tissue to
Clutter Ratio[27]. Higher TCR indicates better detectability.
is analyzed. The
Point: A point of scatter value
spread, around the central maximum, estimates the axial
and lateral resolution [27]. The brightness ratio is calculated as
the ratio (in dB) between the maximum gray level of the point
blob and the average background level.
B. Results
Objects of diameter 3 mm are considered ( than 5–10 mm,
as detectability would be degraded in the real scenario).

Fig. 5. Variation of (a) Lesion Signal To Noise Ratio. (b) Contrast with lesion
depth from liver surface for 2 nominal lesion contrasts.

Lesion: 2 internal/external lesion images of nominal contrast
, at depths of 2 and 4 cm are shown in Fig. 4. Qualitatively, the lesions in the internal images have better contrast
(background has less noise). The 2 metric values also quantitatively illustrate the same. The variation of SNRL and Contrast
over depth are shown in Fig. 5. For the 5 depths and 2 contrasts,
X that of external.
the SNRL of internal imaging is
X of external values. The
Internal Contrasts are also
lower values of internal metrics for 1 cm depth in a few cases
is attributed to the inaccurate Field II performance for points in
the near field of the aperture squares.
Cyst: The comparative cyst images are shown in Fig. 6(a).
Qualitatively, the cysts are much better imaged through internal
imaging with enhanced clarity of the dimensions and anechoic
nature of the cyst. The higher values of internal TCR also signify
the same. The variation of TCR, over depth, is shown in Fig.
X of the
6(b). At lower depths, internal TCRs are
external. The difference decreases over depth.
Point: Point images at depths of 2 and 4 cm, are shown in
Fig. 7. At 2 cm depth, the lateral spread, is much smaller for
internal with the difference, reducing at the higher depth. The
major trends, with different point depths and contrasts include
enhanced internal axial (AR) and lateral resolution (LR), due to
operation at a higher frequency. The fast degradation of LR with
depth in internal imaging is attributed to the limited aperture

This article has been accepted for inclusion in a future issue of this journal. Content is final as presented, with the exception of pagination.
6

IEEE TRANSACTIONS ON BIOMEDICAL CIRCUITS AND SYSTEMS

TABLE V
COMPONENTS USED IN THE EXPERIMENTAL FRAMEWORK

Fig. 6. (a) Comparative images of cysts at 2 different depths from liver surface.
(b) Variation of TCR with cyst depth from liver surface.

Fig. 8. Different views of the phantom with solder wires (top). Four
independent azimuthal planes scanned for a point object at a particular depth.

Fig. 7. Comparative internal and external images of a point, at two different
depths from liver surface, with the corresponding point detectability metrics.

length. The internal brightness ratio is
external, within the scan range.

higher than

V. EXPERIMENTAL OBSERVATION
In actual scenarios, the ultrasound wave is non-linearly distorted. In an organ, scatterer density varies spatially, leading
to attenuation changes at different positions. So, we have also
used an experimental framework to compare the imaging performances for a homogeneous medium using a scanning system
and tissue phantoms. Subsequently, we have analyzed the nonhomogeneous external propagation scenario.
A. Homogeneous Framework
1) Measurement Setup: Table V lists the major experiment
components. The characteristics of the tissue phantom are-

• Material: For homogeneity, we used a Polydimethylsiloxane (PDMS) material, obtained as Medical Grade
Rubber [28], used in automated surgery experiments.
• Objects of Interest: Imaging a point object would enable
us to measure spatial spread and contrast. We used a solder
wire (1 mm diameter) tip to represent a point.
• Position of Objects: Side and bottom views of the internal
phantom (6.5 cm diameter, 5.2 cm elevation) are shown in
Fig. 8. To account for differences in properties across the
material, we obtained multiple images of the wire tip at
iso-distances from the transducer. Hence, two wires (one
L-shaped, suspended from top) and the other vertical (with
a bottom base) were used. Each tip was imaged from the
), as
top and a side surface (mean depth of
shown in Fig. 8. The external phantom diameter was 11 cm,
.
wire tip depth being
2) Imaging Operation: A pair of wire tip depths were considered. We performed 5 iterations of each plane to average out
the manual errors. The internal and external apertures were simulated by altering the pressing force on the transducer. Holding
the transducer normally on the phantom surface, without any
force, corresponded to 50 elements in contact (calibration from
the image) and the others rendered ineffective for imaging. Our
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Fig. 10. Comparison of major performance metrics between internal and
different external scenarios in case of homogenous experimental framework.

Fig. 9. Illustrative images for internal and external imaging (with
corresponding imaging metrics) in a homogenous experimental framework.

final internal and external apertures corresponded to
and
100 elements. During imaging, the wire tip depths from the
and 5.7 cm for the two modalitransducer were of mean
ties. The increased external depth was 3.7 cm (during hardening,
the wires moved). For the 4 planes, the metrics were calculated
in Matlab. The maximum and minimum resonant frequencies
(5 and 2.6 MHz) were used to simulate internal and external
imaging respectively. Since we know apriori the object position,
we manually set the focal zone at that depth. To account for the
unknown attenuation of PDMS, we manually set the depth gain
controls for 2.6 and 5 MHz, such that the final image appears
homogenous at all depths. The dynamic range is 60 dB (con). The post processing
trast resolution (gamma) is
gain is set at 30 dB (both modalities) and 45 dB (external only).
The imaging frequencies and the aperture size are different
from our design values. However, we can still perform a successful comparison, as long as the experimental set up doesn’t
overestimate the actual scenario. The internal performance is
estimated with 50 active elements, at 5 MHZ, which is
of the design frequency. External performance is evaluated at
of the actual frequency, with 100 active ele2.6 MHz,
ments. Similar to design parameters, the ratio of aperture lengths
is 2. Due to greater down-scaling of the internal frequency, the
experimental interstitial performance is actually an underestimation of the real scenario.
3) Experimental Results: Internal/External images are
shown in Fig. 9. The internal image has a depth of 7.58 cm as
compared to external depth of 13.65 cm (equal pixels). The
top curved line represents the transducer surface. The bottom
bright lines represent the lower interface. By calibration, it was
found that the sound speed in PDMS was almost equal to the
soft tissue speed of 1540 m/sec.
From Fig. 9, it is observed that with a nominal gain of 30 dB,
the background scatter is minimal. The spatial spreads are much
greater in the external 5 MHz scenario than internal (
and

). To enhance the wire tip brightness, we revert to a
frequency of 2.6 MHz. The spread is similar, but the brightness
lower than inis significantly improved (BR only
ternal). Further, at the back end gain value of 45 dB, it is observed that the background becomes significantly noisier due to
increased acoustic clutter. The variation of the metrics are presented in Fig. 10. The internal metrics were mostly superior than
the extracorporeal ones as seen in the simulation results for the
scan depths of interest.
B. Non-Homogeneous Framework
In an actual scenario (e.g., a tumor in liver), the external
beam would propagate through subcutaneous layers of skin, fat,
muscle etc., before the internal organ. Bones (ribs) and gases (in
bowel) may also significantly impede the beam.
1) Effects of Non-Homogeneity: a) Higher Attenuation: The
subcutaneous layer attenuation is higher than that of soft tissue
[12]. b) Interface Reflection: Variations in acoustic impedances
[12] lead to reflection at interfaces, resulting in loss of energy
and beam refraction. c) Phase Aberrations: The major effect is
phase aberration in phased arrays. For multi-tissue propagation,
due to variation in sound speeds [12], [29], there would be errors
in beam focusing and hence, lateral resolution. Errors also arise
in the calculation of reflector positions, which might have diagnostic consequences. Some manufacturers have incorporated
an aberration correction feature to their systems. However, due
to the two-dimensional nature of the problem, the correction
methods work only in special controlled experiments [29]. Even
internal to an organ, sound speed and attenuation have variation.
But, the effect of non-homogeneity is much more pronounced
in the external scenario.
2) Measurement Setup: We prepared the phantom in a way
such that we could use both gelatin and PDMS medical grade
rubber to emulate a real scenario, with two tissue layers. The
acoustic properties of PDMS approximated fat (attenuation and
density values). We emulated a layer of fat (3 cm thickness) with
PDMS and the soft tissue by the gelatin with dispersed scatterers. We have used only a single phantom for both imaging
modalities, as in Fig. 11. An enclosure was prepared in the
PDMS cylinder where we solidified the gelatin with a particular
concentration of flour scatterers [30]. The object (wire tip) was
placed at the center of the gelatin disc. Imaging the wire through
the gelatin opening (opened after solidification), would approximate interstitial imaging while imaging from a diametrically
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It is to be noted that in the actual external scenario, there
would be more tissue layers, leading to worse performance. Besides the internal imaging was not ideal due to imperfections
at the gelatin opening. Hence, this set up, used as an emulation
framework, is an underestimation of the interstitial advantages.
From the results with varying depths, frequencies, apertures and
non-homogeneity in external path, we can conclude that internal
imaging would generally achieve significantly better on line,
imaging performance in susceptible internal organs, as compared to existing ultrasonic techniques.
VI. DISCUSSION
Fig. 11. Different views of the phantom used for non-homogeneity tests (top).
Internal and external scenarios in non-homogenous framework (bottom).

Fig. 12. (a) Images for internal and external scenarios. (b) Variation of the
imaging metrics in the non-homogenous experimental framework.

opposite position through PDMS and gelatin would emulate the
equivalent external scenario.
3) Experimental Results: The imaging parameters were similar as before, except that the DGC controls were set separately
for the internal and dual layer scenario. For each scenario,
5 positions (iso-wire distance) are analyzed to average the
spatial variations in acoustic properties. Comparative images
are illustrated in Fig. 12(a). The internal image has lower depth
of 9.85 cm than external value of 11.37 cm (equal pixels).
The axial spread is similar for all 3 cases. The brightness ratio
is highest in the internal case. While cut opening the gelatin
enclosure, some non-uniformities were formed, which led to
the decrease in the internal contrast (compared to homogenous
result). The stark difference was obtained in the values of the
lateral resolution. The lateral spread of external was
greater than internal. This is explained from the probable
defocusing effect due to phase aberrations. From Fig. 12(b),
times greater than the internal
the external lateral spread is
value.

A. Implant Issues
We address three main issues with implantation.
Bio-compatibility: Bio-compatibility of the implant packaging material is extremely important to ensure the safety of
the surrounding tissue, while maintaining the reliability and
sensitivity of operation. One major issue is the foreign body
response induced at the implant area by the host cells [31].
Another is the propensity towards infections around the device
implant region [31]. To overcome these issues, we follow
along the lines of existing implantable medical devices (IMD).
We would be using bio-materials like poly(lactic-co-glycolic
acid)(PLGA) or poly(ethylene glycol)(PEG) to package our
assembly. A surface modification would be performed in
the form of a hydrogel coating, for its integrative tissue like
healing properties [31]. The front surface would be exposed to
the tissue through only the hydrogel coating to maximize the
transmission of ultrasound. In the absence of iron and nickel,
the implant would not interfere with a MRI operation.
Attachment of the Device: IMD’s are mostly sutured subcutaneously, under the skin to the organ of interest. For monitoring
the liver right lobe, the implantable imager would be sutured to
the top surface under the diaphragm or to the side surface between the 7th and 8th ribs. A Dacron pouch would be used to
hold the device in its position [32].
Temperature Rise in Tissues: Usually high power IMDs,
such as heart pumps and Left Ventricular Assist Devices are
packaged to efficiently dissipate the heat and prevent localized
temperature rise beyond a few degrees. The proposed imager is
of the
in the high power transmit mode for much less than
scan operation. The system would use a heat sink coating in
form of a thermally conductive, electrically insulating material
to dissipate the heat efficiently [33]. Hence, the receive power
would be dissipated over the entire surface area of the assembly.
[12]
The Spatial Peak Temporal Average Intensity
determines the Thermal Index (TI) of operation and hence
the maximum temperature rise within the beam [34]. A strict
) from FDA, for diagnostic
thermal limit (in terms of
[34]. Using the model of the array
ultrasound is
in Field II, we have calculated the relative spatial distribution
in the scan region for three separate focal zones
of
as shown in Fig. 13. It is evident that depending on the focal
depths, either the active array surface or the focal regions have
value. As the focal zones change at every
the maximum
iteration, the maximum
values would be mostly at the
transducer surface over the entire imaging duration. Assuming
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B. Other Considerations

Fig. 13. Distribution of Spatial Peak Temporal Average Intensity (I
the scan region for three focal depths.

) in

Fig. 14. (a) Experimental framework for temperature rise measurement.
(b) Increase of tissue phantom temperature with time of ultrasound exposure.

that the entire peak transmit electrical power of 17.5 W is used
at the
to rise the tissue temperature (overestimation),
duty cycle is
.
active array surface with a
Hence, the thermal constraint is satisfied, ensuring no chance
of tissue damage during the operation.
Experimental Evaluation: We also performed an in-vitro
experiment to measure the temperature rise in the tissue
phantom with increasing ultrasound exposure duration. We
used a highly sensitive thermistor with negative temperature
coefficient (NTC) [35]. The thermistor is first calibrated with a
precision thermo-couple instrument. The set up is illustrated in
Fig. 14(a). The thermistor is embedded into the phantom at the
region of interest e.g., near the phantom surface or focal depth
of interest. Although the focus is kept constant at the particular
,
depth, the focal temperature rise is insignificant
mainly due to attenuation. This correlates well with our simulation results. It is observed that near the transducer surface, the
resistance decreases by a small magnitude. The rise of tissue
, is plotted in
temperature near the surface, limited to
Fig. 14(b). It is for 5 MHz scan frequency with
elements
(image calibration), excitation voltage of 40 V p-p and 15 mins
duration. The surface and the focal measurements were done
thrice using two thermistors to average out the errors due to
thermistor characteristics, ambient temperature and transducer
positioning. The ultrasound intensity (power per unit area)
depends mainly on the the excitation voltage and transducer
electromechanical response. Hence, for the actual parameters
(15 MHz, 128 active elements, 30 V p-p and 5–10 mins time),
the temperature rise near the surface is expected to be below
and hence safe. The energy for 128 elements would be
higher, but the attenuation would be significant at 15 MHz and
so the focal temperature rise would be minimal.

Economic Feasibility: The proposed system is expected to
be economically beneficial when compared to the cumulative
costs of long-term (5–10 years) routine tests after primary
tumor resection, using alternative techniques. These tests are
[36]), especially in
expensive (a MRI costs over
developing countries. The critical component in terms of cost
is the transducer. However, CMUT devices typically come at
much lower costs compared to PZT due to batch processing
allowed by micro-machining techniques [13]. As an estimate,
the IMD system with the recharge system would cost around
. The device would be
few hundred dollars
implanted during the surgery for resection and hence would not
incur significant cost of implantation.
Size Reduction: The upper limit for the assembly radius is
. The lower limit for assembly size is constrained by the
active aperture dimension and the size of integrated electronics.
, still incorporating
The assembly radius can be scaled to
more than the active aperture of 128 elements.
Larger Scan Range: The internal scan range can be extended
beyond 6 cm by scaling down the transducer frequency to
(imaging depth
).
Extension to Other Applications: The imager may be beneficial for other purposes. If implanted along liver walls, it can
potentially detect fatty liver disease, internal bleeding and in
some cases gall stones. Besides, coronary artery diseases and
uterine cysts could be detected in specific implant sites around
lungs and GI tracts respectively. Early detection can greatly reduce the chances of future complications.
VII. CONCLUSION
We have presented a feasibility study of an implantable
imaging assembly for automated long-term monitoring of
internal organs. The proposed system uses the safe technology
of diagnostic ultrasonography for online monitoring of a target
region. The system is studied for early detection of recurrence
of malignancy deep inside internal organs. In addition to the
point-of-care diagnostic advantage, we have shown that it
provides enhanced imaging quality (contrast sensitivity and
spatial resolution) compared to existing techniques. We have
explored the design space to optimize important parameters,
namely, the form factor and power/energy requirement. Extensive simulations and experimental analysis using an ultrasound
system validates the effectiveness of such a monitoring device.
While the proposed system is particularly attractive for cancers which experience local recurrence (e.g., high grade glioma,
sarcoma), it can also be effective for regional recurrences by
using multiple units in strategic locations. It can also be beneficial for online monitoring of a tumor during treatment (e.g.,
with chemotherapy), thereby improving therapy efficacy. Future
work would include further optimization of power, on-board
processing, and animal study using a hardware prototype.
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