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A system for simple real-time anastomotic
failure detection and wireless blood flow

monitoring in the lower limbs
Michael A. Rothfuss, Nicholas G. Franconi, Jignesh V. Unadkat, Michael L. Gimbel, Alexander Star,

Marlin H. Mickle, Ervin Sejdić

Abstract—Current totally implantable wireless blood
flow monitors are large and cannot operate alongside
nearby monitors. To alleviate the problems with the current
monitors, we developed a system to monitor blood flow
wirelessly, with a simple and easily interpretable real-
time output. To the authors’ knowledge, the implanted
electronics are the smallest in reported literature, which
reduces bio-burden. Calibration was performed across
realistic physiological flow ranges using a syringe pump.
The device’s sensors connected directly to the bilateral
femoral veins of swine. For one minute each, Blood flow
was monitored, then an occlusion was introduced, and
then the occlusion was removed to resume flow. Each
vein of four pigs was monitored four times, totaling 32
data collections. The implant measured 1.70 cm3 without
battery/encapsulation. Across its calibrated range, includ-
ing equipment tolerances, the relative error is less than
±5% above 8.00 mL/min and between -0.8% to +1.2%
at its largest calibrated flow rate, which to the authors’
knowledge is the lowest reported in literature across the
measured calibration range. The average standard devi-
ation of the flow waveform amplitude was three times
greater than that of no-flow. Establishing the relative
amplitude for the flow and no-flow waveforms was found
necessary, particularly for noise modulated Doppler signals.
Its size and accuracy, compared with other microcontroller-
equipped totally implantable monitors, make it a good
candidate for future tether-free free flap monitoring studies.
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I. INTRODUCTION

Microvascular free tissue transfer (i.e., free flap) refers

to a class of procedures used for reconstructing anatomic
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defects [1–4], often due to cancer treatment [5], [6],

infection, or trauma [7], [8]. These procedures involve

the transfer of a block of tissue (i.e., flap) from a donor

site (e.g., abdomen, leg) to reconstruct a major defect

in another region of the body (e.g., breast, mandible)

[9], [10]. Different from simple skin grafting [11], this

transfer requires microsurgical connections (anastomoses

[12–14]) of veins and arteries to be established be-

tween the flap and the new site [15]. Unfortunately,

blood vessel patency (i.e., openness of a vessel) can

be compromised in up to 10% of cases in the first

several days after surgery [16], [17]. This is largely due

to vessel thrombosis, compression, kinking, or tension,

which creates a surgical emergency, because the trans-

ferred flap will fail unless blood flow is reestablished

promptly [18–20]. Flap failure results in increased cost

[21], patient morbidity [22], [23], and even death [11],

[24]. As a result, reconstructive plastic surgeons maintain

a low threshold for returning to the operating room

to investigate a suspected vascular problem, resulting

in an undesired, but accepted, risk of negative (i.e.,

preventable) re-exploration (i.e., up to 30% in head

and neck free flaps [25]) [26], [27]. However, these

unnecessary surgical re-explorations are also associated

with increased morbidity and expense (up to $20,000-

$30,000/event [28]).

In order to help detect loss of blood flow expeditiously

[29], [30], indirect [31–37] and direct flow detection

devices [38–40] are used [41]. The current gold standard

for monitoring of free flap surgeries is a wired Doppler

device in which a piezoelectric transducer crystal sensor

is loosely attached to a silicon cuff that encircles the

monitored vessel [42–45]. The sensor is designed to

easily separate from the silicon cuff so that when the

critical monitoring period (i.e., 4 to 7 days) is complete,

the wire and sensor can simply be pulled out, leaving the

silicon cuff in place. The sensor generates an insonating

ultrasonic signal and receives the weak, backscattered

signal from flowing red blood cells [46–48]. Loss of



the signal may indicate loss of blood flow, but may

also result from accidental internal separation of the

sensor from the cuff, thereby creating a false positive

[27], [49]. Thus, the purposeful design of the wired

Doppler that allows wire/sensor removal also creates

an inherently high risk of false positive alerts. Occa-

sionally, the sensor may be too adherent to the silicon

cuff, such that wire withdrawal creates a kink or injury

to the vessel [17]. It stands to reason that a novel,

wireless Doppler monitoring device will eliminate the

deficiencies of the existing gold standard system by

omitting the main source of problems, the wire. Such a

wireless device would be totally implantable and remain

implanted, rather than removed as in the case of the

gold standard. In summation, direct devices suffer from

several shortcomings, including: recognized accidental

probe dislodgement which makes monitoring impossible

without further surgery, up to 30% false positive rate due

to unrecognized internal probe dislodgement, leading

to unnecessary surgery, risk of injury to the blood

vessels upon probe withdrawal, complex blood flow

signals requiring expert (i.e., rather than bedside nurse)

interpretation, and these devices are also cumbersome.

The majority of reported implantable wireless Doppler

blood flow monitors rely primarily on custom analog

electronics and/or accompanying digital control circuitry

(e.g., [50–54]). However, recent implantable wireless

Doppler blood flow monitor developments have reported

devices which incorporated microcontrollers [55–57].

The microcontrollers, which are comprised of a mi-

croprocessor and additional peripheral functions (i.e.,

analog-to-digital converters, serial communication de-

vices, controllable digital input and output ports, etc.),

provide a platform for software customization and con-

trollability of a system. Customizable software can lever-

age devices that can be dynamically modified to satisfy

an application.

We have developed a prototype wireless implantable

blood flow monitoring device to solve the problems

associated with the wired Doppler device in free flap

monitoring. In free flap monitoring, the venous outflow

is typically monitored, because it also indicates arterial

inflow to the flap. However, monitoring venous blood

flow, particularly in the lower limbs, is especially dif-

ficult, because its detection hinges on the experience

of available personnel [58], [59]. Our device targets the

venous outflow of free flaps, and in particular, the case

where anastomotic failure occurring in the lower limbs.

Prior work in the field has not focused on easing inter-

pretation of the flow information, which is expected to

reduce the demand for experienced ultrasound operators

for this task.

Previous devices incorporating microcontroller units

have not addressed reducing size through noise and

interference management as well as incorporating highly

integrated electronics and components. By addressing

size in this manner, we have achieved the smallest

device footprint utilizing a microcontroller unit (i.e.,

electronics volume, including antenna, is about 1.7 cm3).

Additionally, we have developed these devices as part of

a system, to solve the problem of actuating and operating

a single device when multiple devices are nearby, which

has also not been addressed in any literature to date.

II. SYSTEM DESCRIPTION AND METHODS

A. Implanted Transmitter

1) Continuous Wave Doppler Configuration: Figure

1 shows the implemented Doppler system used in this

research. The continuous wave (CW) Doppler implemen-

tation has two piezoelectric transducers, one for trans-

mitting (TX) ultrasonic energy, and one for receiving

(RX) scattered ultrasonic energy. An electrical signal

excites the transmitting transducer, which converts the

electrical energy to mechanical energy. Mechanically

pushing the face of the piezoelectric material produces

a longitudinal wave that propagates away from the

transducer face. Once the ultrasonic wave launches from

the transmitting transducer, the wave scatters on objects,

such as red blood cells, at a frequency deviation (i.e.,

from the frequency of the impinging wave) proportional

to the velocity of the scattering elements. The scattered

energy is collected and transduced (i.e., the mechanical

wave pushes the piezoelectric transducer face to produce

an electrical signal) by the receiving transducer. This

effect is described by the well-known Doppler Equa-

tion (i.e., fd = 2vf0 cos θ
c ), where fd is the frequency

deviation from the impinging ultrasonic frequency, f0,

v is the velocity of the moving scatterers insonated by

the impinging ultrasonic beam, θ is the angle between

a vector normal to the transducer’s face and the axis

along the direction of blood flow, and c is the speed of

the ultrasonic wave in the specific media (e.g., blood).

Further detail and a full treatment of Doppler ultrasound

physics can be found in Shung as well as Boote [48],

[60].

The transducer apparatus holds the two transducers in

a CW configuration, inset to a cuff, custom manufactured

by Iowa Doppler Products (Iowa City, IA). The cuff

was designed for a vessel with an outer diameter of 5

mm, and the cuff itself was designed to be semi-rigid

so as to prevent misalignment of the transducers (i.e.,

modifying the sample volume). The transducers were a

1 mm diameter piezoelectric material, manufactured to
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Fig. 1: Block diagram of the implemented wireless Doppler blood flow monitoring system.

operate at 20 MHz, with a transducer angle, θ, of 45

degrees.

2) Implanted Hardware and Software:
a) Implanted Electronics: The Doppler electronics

are a unidirectional configuration (i.e., blood flow direc-

tion cannot be detected), as opposed to bidirectional (i.e.,

blood flow direction can be detected), in order to reduce

the complexity and size of the implant. For laminar

flow applications, such as in this study, a unidirectional

configuration is appropriate.

The electronic hardware architecture for a continuous

wave Doppler is comprised of several core elements.

The circuit of Figure 2 shows the analog circuitry used

to excite the transmitting transducer and receive and

demodulate Doppler blood flow signals. Starting from

the transducer driver, a quartz crystal-based Colpitts

oscillator (i.e., active device internal to the SA612A,

by NXP Semiconductors, Eindhoven, Netherlands) pro-

vides a carrier frequency reference, fo in the Doppler

equation. The transducer driver and mixer local oscillator

(LO) must use the same frequency reference, otherwise

inevitable frequency drifts between the two will result in

in-band baseband components. The oscillator reference

is buffered and amplified to provide sufficient drive for

the transmit transducer.

Backscattered signals transducer by receiving trans-

ducer drive the input of the low-noise amplifier front-

end. The LNA is biased with a simple current mirror

from a matched pair of bipolar transistors. The LNA

is typical a common-source configuration, which used

the MMBT3904 (Fairchild Semiconductor International,

Inc., San Jose, CA) bipolar transistor to achieve a low

noise figure (i.e., about 3−4) for the expected range

of source resistance (i.e., the real component of the

transducer’s impedance when the reactive component is

tuned out). The LNA’s load is formed by the LC tank,

tuned to fo = 20MHz, and the lumped element balun’s

single-ended input impedance. The balun converts the

single-ended amplified signal to a differential signal

for the mixer’s (SA612A) RF input ports. Additionally,

the balun impedance-matches the mixer’s RF input port

impedances to a lower single-ended impedance to load

the LNA. The LO is generated by the crystal-based

Colpitts oscillator of the SA612A. It should be noted

that the double-balanced mixer operates as part of a

homodyne receiver signal chain. Any frequency devi-

ation from the LO (fo) results in baseband conversion

about zero-frequency. The intermediate frequency (IF)

output of the mixer is taken differentially, low-pass

filtered, and then amplified differentially before driving

the differential inputs of a microcontroller unit’s (MCU)

analog-to-digital converter (ADC).

The MCU, CC1110F32 by Texas Instruments (Dallas,

TX), provides many functions in a single package that

minimize the circuit complexity and occupied PCB real-

estate. The MCU’s on-board ADC was configured for

10-bit differential operation with the MCU’s internal

1.25 V reference, corresponding to 1024 quantization
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Fig. 2: Schematic of the implanted Doppler electronics, excluding power management and the MCU.

levels across a 2.5V range (i.e., ±1.25 V and a 2.441 mV

resolution). The MCU’s radio can operate across several

Industrial Scientific Medical (ISM) frequency bands (i.e.,

315 MHz, 433 MHz, 868 MHz, and 915 MHz). While

some ISM bands are subject to greater interference due

to overcrowding, this problem can be reduced by the

fact that the external receiver will be very near the

implant location (i.e., < 1 meter). For this research, 915

MHz was chosen. The primary metric for the presented

device is minimizing its size. Higher frequencies permit

smaller antennas than lower frequencies. Despite higher

power losses in tissue for higher frequencies [61], the

high receiver sensitivity of the CC1110F32 still pro-

vides a large communication link budget. Additionally,

a chip balun, rather than a lumped element balun, saves

space between the MCU’s differential RF ports and

the single-ended antenna. An omni-directional 1/4-wave

ceramic chip antenna (16.0 mm x 3.0 mm x 1.7 mm)

in a surface mount package is used (MFR P/N: ANT-

916-CHP-T, Linx Technologies Inc., Merlin, OR). The

antenna’s usable bandwidth is 10 MHz, and it has a

maximum gain of 0.5 dBi. The analog electronics (i.e.,

Figure 2) are powered through a low-noise low-dropout

regulator, which is driven by a boost converter (i.e., to

raise the battery cell voltage), which is enabled by the

MCU to collect blood flow data, and disabled to save

power otherwise. The device is labeled with the major

components on its PCB in Figure 3.

A 100 − 1000μL FisherbrandTM EliteTM Adjustable-

Volume Pipetter (ThermoFisher Scientific Inc., Waltham,

MA) set to 100 μL increments was used to measure the

volumetric water displacement of the device’s electronics

(excluding the transducer and battery). The measure-

ments were repeated five times and averaged.

b) Battery life and encapsulation: The choice of

battery for the implantable blood flow monitor was

a 3.7 V 400 mAh lithium-ion polymer battery from

Great Power Battery Co. Ltd (Kowloon, Hong Kong). Its

volume was 4.4 cm3 (5 mm x 25 mm x 35 mm), which

fits nearly within the footprint of the implantable blood

flow monitor, so as to not add unnecessary bulk. When

the MCU is in the active mode (i.e., the implantable

device is fully operational and sensing blood flow and

transmitting wireless data), the implantable device con-

tinuously consumes about 120 mA from a 3.7 V power

supply, which provides a theoretical maximum of 3 hours
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Fig. 3: Hardware components labeled on the implanted

device PCB.

and 20 minutes of continuous run time from the battery.

When the MCU is in the sleep mode, the implanted

device can remain dormant for over three weeks. Sleep

modes can be modified to deliver a much longer dormant

lifetime if the intermittent wake up state is activated less

frequently (i.e., >> 33 seconds).

The experimental protocol in this research required

sacrificing the animals upon completion of the data

collection (i.e., less than half a day). Therefore, encap-

sulation to ensure biocompatibility for a lengthy implant

lifetime was not necessary, and thus, only a simple

barrier to electrically protect the implant from tissue was

used. To encapsulate the devices, the implant was first

covered in generic blue painter’s tape followed by a coat-

ing with PlastiDip Synthetic Rubber Coating (Blaine,

MN). The reason for the painter’s tape was to prevent

adhesion of the PlastiDip coating to the electronics. Also,

the painter’s tape facilitated easy encapsulation removal

to salvage the devices after the experiments. To measure

the fully encapsulated device (i.e., includes electronics,

battery, and the encapsulation containing these), the same

method was used as described in Section II-A2a but

instead with the Adjustable-Volume Pipetter set for 500

μL increments.

c) Implanted software state machine and multiple
device arbitration: The developed software finite state

machine (FSM) (See Figure 4) on the implanted device

arbitrates system functions (i.e., wireless communica-

tion, device activation, device abort, and blood flow

waveform capture) and power modes (i.e., sleep and

active). Additionally, a unique serial identifier (SID) is

assigned to each device for targeted device activation,

preventing interference from unintentionally activated

devices and unnecessarily draining their batteries.

B. External Hardware and Software

1) Transceiver, multiple device arbitration, and real-
time display: The external radio transceiver activates

and deactivates implants, receives wireless data from

implants, and transmits digital serial data via a serial

universal asynchronous receiver/transmitter (UART) to

a computer for processing, display, and storage. The

external radio transceiver is a development board from

the CC1110F32 Mini-Development Kit 868/915 MHz

by Texas Instruments (Dallas, TX). An FSM diagram

detailing the external device’s software is omitted, be-

cause its design can be inferred from the internal device’s

software.

The data collection protocol (See Section II-C) dic-

tates monitoring blood flow in the femoral vein in both

the right and left leg, which required two devices. With-

out the ability to activate a specific device, both devices

would turn on and transmit simultaneously, resulting in

interference and unnecessary battery drain for one of

the devices. The development board simplifies multiple

device arbitration. The breakout header pins on the

development board, which route to input/output pins on

the MCU, offer a convenient method to select a device.

The external development board is outfitted with an

FT231X (Future Technology Devices International Ltd.,

Glasgow, UK) Breakout board. The FT231X chip on

the breakout board performs serial-to-USB conversion.

A custom program on-board the computer provides a

way to observe the digitized blood flow waveforms

in real-time, similar to an oscilloscope display. The

waveform display was imperative for ensuring proper

placement of the cuff on the vessel under test in the

operating room, and it provided a simple visual indicator

of occlusion/flow.

C. Data collection protocol

The in vitro testing is necessary to benchmark the

device before performing animal experiments. A small

length of translucent heat-shrink tubing served as a mock

vessel, which is similar to others’ methods [51]. The

heat-shrink tubing was firmly affixed onto the end of a

syringe, and its outer diameter was measured at 210 mils
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Fig. 4: Software finite state machine on-board the implant.

(5.33 mm) and its wall thickness was 11.5 mils (0.29

mm). The heat-shrink tubing was inserted into the cuff,

and any remaining space between the tube and the cuff

walls was filled with generic ultrasonic gel. The syringe

was filled with a pink-colored blood phantom, available

by Blue Phantom (Sarasota, FL). The acoustic properties

of the blood phantom match closely with that of human

blood. The syringe was mounted in a syringe pump (i.e.,

model no. NE-1000 by New Era Pump Systems, Inc.,

Farmingdale, NY), which provided a constant flow rate

(±1% error) that could be referenced for performance

evaluation purposes. Maximum flow rate with the NE-

1000 is limited by a syringe’s inner diameter; the largest

syringe that we could obtain held 50 mL (i.e., corre-

sponding to a flow rate of 34.15 mL/min). The device

was benchmarked from 0.00 mL/min to 10.0 mL/min

in 1.00 mL/min increments, and from 15.0 mL/min to

the maximum flow rate in 5.00 mL/min increments.

Using the relationship for average volumetric flow rate,

Q = v · A, where v is the spatial average velocity

of blood through the cross-sectional area and A is the

lumen cross-sectional area [62] (i.e., A of the heat-

shrink tubing is 0.18 cm2), and the Doppler equation

(i.e., with θ = 45◦, c = 1570 m/s, fc = 20 MHz). The

corresponding spatial average blood flow velocities for

the reference flow rates (e.g., 3.2 cm/s for 34.15 mL/min)

are within the expected physiological mean velocities of

veins in the legs [63], which are the measurement targets

for this study.

In order to compute flow volume, we assumed uniform

ultrasonic insonation of the lumen and a laminar unidi-

rectional flow direction. To obtain the flow velocity, first,

the short-time Fourier transform (STFT) was applied

to the time-domain baseband flow signal. Second, the

envelope of the resultant STFT is computed in the

time-frequency domain. Time-variations of the spectral

content were expected in the collected performance

evaluation data due to the motor driving the syringe

pump (i.e., similar observations are visible in Doppler

spectrograms for real-blood flow waveforms). Hence,

third, the envelope was smoothed with either a moving

minimum or moving maximum filter to reduce the effect

of peaking, whichever reduces the measurement error the

most. And lastly, the mean of the smoothed envelope

is taken as the maximum velocity, vmax across the

collection period. The flow estimate, Q, is evaluated

noting that the spatial average velocity, v, is vmax

2 for

laminar flow within the lumen [64].
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An occlusive event (i.e., no flow) was simulated

simply by disabling the syringe pump (i.e., the blood

phantom and cuff remain in place, the same as with a

flow event). The resulting waveforms for the tests were

visible in real-time on the laptop screen. Figure 5 shows

the setup for the in vitro testing. According to Fogel

[65], an entrance length of 10 times the inner diameter

of the tube is sufficient for 90% of the parabolic flow

profile to develop. For the 0.47 cm tube used in the in
vitro testing, the entrance must be at least 4.70 cm. In

our set-up, we set the entrance length to approximately

15.0 cm. The tube was held straight using a groove inset

to a wooden block.

Fig. 5: In vitro setup showing the Doppler device, syringe

filled with the pink-colored blood phantom, and heat-

shrink tube used as a mock blood vessel mounted in the

syringe pump. Entrance length is about 15 cm.

The following experimental protocol, approved by the

Institutional Animal Care and Use Committee (IACUC)

at the University of Pittsburgh, was used for the in
vivo testing of the wireless implantable Doppler blood

flow monitoring devices. Four swine were prepared and

anesthetized during the duration of the experiments and

were sacrificed at the conclusion.

The human and swine vascular systems are compa-

rable. The vascular anatomy, with regard to bifurcation

patterns and sizes, are similar [66]. The size and concen-

tration of red blood cells, which are the primary acoustic

scatterers, for swine and humans are similar (i.e., 4−8

μm at 5−8× 106/mm3 in pigs compared to 7.4−9.4 μm

at 4.6−6.2× 106/mm3 in human males) [48], making the

animal model clinically relevant prior to human trials.

The femoral vein was monitored in each of the back

legs of the four swine, which was a good fit for the

transducer cuff size; the blood flow analysis assumes the

inner diameter to be the same as in our in vitro testing. To

collect data from a pig, two wireless blood flow monitors

were used, one for each leg. Ultrasonic gel was used

to bridge air gaps between the piezoelectric transducer

faces and the femoral vein during initial cuff placement

around the vein. A suture was tightened around (i.e., a

tourniquet) the femoral vein proximal to the transducer

cuff to simulate an occlusion scenario (e.g., anastomotic

failure in free flaps). First, blood flow was monitored

for about one minute, followed by introducing the oc-

clusive event (i.e., no-flow) and monitoring for about

one minute, and last, the occlusion was removed and

the resumed flow was monitored for about one minute.

This protocol was repeated four times for each back

leg for each animal. This resulted in 32 data collection

cycles (i.e., eight collections from each swine with four

collections for each back leg). The foreground in Figure

6 shows a pig with two Doppler devices, with each

device affixed to one of the pig’s bilateral femoral veins

in its back legs.

The device was implanted in a 1 cm-deep subcuta-

neous pocket of fat below the pig’s skin. Considering

only the power loss (i.e., attenuation) due to material

absorption, about 0.21 dB/cm may be lost in fat at 915

MHz [61]. Power loss due to skin is small and therefore

neglected here, due to its relative thinness compared to

other tissues. About 1.5 dB/cm power is lost in muscle

at the same frequency. The receiver sensitivity of the

external CC1110F32 at 500 kBaud at 915 MHz is -

86 dBm, and the transmit power on the implant device

was set to 10 dBm. The receiver was nominally about

1 meter away from the implant site, so the free space

path loss would be about 32 dB. Therefore, provided

the implant is not beneath muscle, about 64 dB remains

in the link budget, which means that the amount of fat

tissue between the implant and the receiver will not have

a significant impact on the communication link.

If Specific Absorption Rate (SAR) limitations are

imposed on the implant (i.e., the average power in 1 gram

of tissue not to exceed 1.6 W/kg and the average power

in 10 grams of tissue not to exceed 2 W/kg [67] over 6

minutes), the observation time, when the implant’s radio

is transmitting, will be limited. Accurately determining

SAR requires use of a microwave fields simulator (e.g.,

HFSS by ANSYS, Canonsburg, PA), because of the

complexity of the tissues’ electromagnetic properties as

well as their geometry (i.e., a skin-fat-muscle stack-up).

However, a rough estimate of SAR shall be used in

lieu of the development of a complex tissue and implant

model.

In order to obtain a rough SAR estimate, the more

stringent 1 gram SAR values, for antennas of a similar

size (i.e., less than or equal to the size of this work’s

PCB substrate, 1310 mm3, which includes the antenna

ground counterpoise), are averaged (= 468.2 W/kg, for
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1 W of delivered power to the antenna) from a 2012

literature review of implanted antennas for biomedical

telemetry by Kiourti and Nikita [68]. A radio packet is

transmitted every 7.74 ms; the packet transmission taking

5.02 ms, and the radio off-time is 2.72 ms (see Figure

4); all times were measured on a Saleae Logic 16 Logic

Analyzer (South San Francisco, CA). The CC1110F32 is

configured to deliver 10 mW to the implanted antenna;

however, taking into account the duty cycle (64.9%) of

wireless on-time due to packet transmission, the average

power continuously delivered to the antenna is 6.49 mW.

Using the maximum expected SAR of 468.2 W/kg from

literature, and the maximum permissible SAR of 1.6

W/kg over 6 minutes as per regulation, the maximum

allowable continuous power delivered to the antenna

cannot exceed 3.4 mW (= 1.6 W/kg
468.2 W/kg ∗ 1 W ; calculated

according to Kim et al. [69]). Therefore, to meet this

requirement, the observation period using the developed

implant cannot exceed about 3 minutes and 9 seconds

(= 3.4 mW
6.49 mW ∗ 6 minutes) for a single device during a 6

minute period. This estimate suggests that, for a single

implanted Doppler flow monitor, the data collection

protocol described earlier in this section complies with

safety regulations for power absorbed by the human

body.

Fig. 6: In vivo setup showing the Doppler devices

connected to the bilateral femoral veins in both back legs

of one pig. The encapsulated devices are shown exposed

solely for photographic illustration.

III. RESULTS

The developed device was slightly larger than a U.S.

Kennedy Half-dollar. The circular PCB substrate was

about 32.5 mm in diameter and 1.58 mm (i.e., thick

from top layer metal to bottom layer metal). The total

implanted electronics volume, including the antenna but

excluding the battery, was 1.70 cm3. The battery volume

was 4.4 cm3, and the total encapsulated volume (exclud-

ing the transducer apparatus and leads) was about 18.0

cm3.

A. In vitro performance

The in vitro testing served to characterize the per-

formance of the device. Real-time waveform data was

viewed on a laptop screen (Figure 8, reproduced in

MATLAB; also shown are time and voltage scales).

Here, the relative magnitudes of flow and no flow (i.e.,

simulating an occlusive event) conditions are shown.

Figure 7 shows the input-referred voltage noise of the

device, the differential voltage noise was measured at

the ADC inputs and divided by the midband receiver

chain voltage gain, 88 dB, referred to the LNA input.

The input-referred RMS voltage noise is 0.39 μV. Note

the visible common mode noise at 129 Hz, which is a

result of radio interference from the MCU’s radio, which

transmits a packet every 7.74 ms. The sensitivity, defined

as double the output-referred RMS noise voltage, of the

receiver chain is about -113 dBm (i.e., about 20 mVpeak

at the ADC) with the LNA matched to a 50Ω driver.

The input dynamic range is about 35 dB, and the output

voltage gain variation for an 400 Hz input tone (i.e.,

corresponding to about a 2.2 cm/s velocity) from -100

dBm to -78 dBm is 0.60 dB ±0.94 dB.

Fig. 7: Input-referred noise voltage at the LNA input

(i.e., output-referred noise divided by receiver chain

gain), and its RMS value, Vni,rms, is 0.39 μV. Common

mode noise is visible at 129 Hz, which is the period

between radio packet transmissions.

Figure 9a shows the effectiveness of using a moving

maximum filter to smooth the time-frequency spectro-

gram’s envelope of the Doppler signal. For this figure,

the expected flow was 34.15 mL/min (±1%) compared to
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the procedure’s estimate of 34.2 mL/min, a relative error

between -0.8% and +1.2%. Figure 9b shows the perfor-

mance of the Doppler device across various expected

flow rates, as pumped by the NE-1000 syringe pump.

A moving minimum filter reduced measurement error

below 4.00 mL/min flow rates, while a moving maximum

filter reduced the error for rates above 3.00 mL/min. The

error bars encompass the relative error range due to the

±1% NE-1000 accuracy. The large relative errors for

low flow rates appears significant; however, the absolute

error in this flow rate range is small. For example, at 6.00

mL/min the relative error is the worst across the entirety

of measured data (i.e., between +12.1% and +9.8%), but

the absolute error is between +0.60 mL/min to +0.72

mL/min. Additionally, for 0.00 mL/min, the absolute

error is +0.40 mL/min; whereas, the relative error is

undefined. Above 6.00 mL/min, the measured flow rate

compared to the NE-1000 nameplate reference flow rate

is below below ±5.0%. Additionally, when considering

the error bars, for flow rates above 8.00 mL/min, the

relative error is within ±5.0% of the reference flow rate,

with the relative error tending towards about 0.0% as the

flow rate increases. A simple linear fit to the measured

data shows an absolute error that approaches about +0.24

mL/min at 0.00 mL/min and about -0.23 mL/min at the

largest extrapolated flow range, 100 mL/min. The key

results are that above a few mL/min in the measured

range, the system will overestimate the flow rate, and

for even low flow rates (i.e., above 6.00 mL/min), the

relative error is small, and as the flow rate increases, the

accuracy of the measurement increases as well.

Fig. 8: Oscilloscope-like view used on the laptop com-

puter for real-time blood flow assessment. The displayed

waveforms are the transduced baseband Doppler signals.

Window length is 244 data samples long (i.e., 14.9 ms).

(a)

(b)

Fig. 9: In vitro performance of the Doppler device using

a syringe pump to generate reference flow rates. (a)

Effectiveness of the moving maximum filter applied

to the envelope of the time-frequency spectrogram of

the Doppler signal. The reference flow rate was 34.15

mL/min, and the flow estimate was 34.2 mL/min. Note

C = 60 sec
min ; (b) Performance evaluation of the Doppler

device comparing measured flow rate along with the

corresponding magnitude of the relative error. Note that

the relative error for 0.00 mL/min was omitted from the

figure because its value is undefined.
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B. In vivo results

Figure 12 shows blood flow data collected from two

swine femoral veins. These results confirm the ability

of the implanted Doppler device to monitor blood flow

wirelessly, without the problematic tether to a bedside

monitoring device. The flow and no-flow portions of

the waveform in Figure 12 are displayed using the raw

ADC samples (i.e., without digital signal processing).

In the figure, distinctive regions of flow and no-flow are

clearly visible, and the restoration of flow (i.e., “release”

in the figure) after an occlusion shows the blood flow

waveform approaching nearly the same amplitude as the

pre-occlusion event.

In the figure, noise appears to be present during the

no-flow portion of the waveform. Potential sources of

noise can be a result of many culprits. Mixing spurs

generated in-band, local oscillator phase noise, tuned

circuits formed by the many bypass networks on the

PCB, the boost converter, or even insufficient decoupling

to prevent noise from being injected into the power

supply by broadband nonlinear circuitry, such as by the

mixer. Noise due to the surgeon mechanically manip-

ulating the tourniquet around the vessel is visible near

the boundary of “occlusion” and “release.” Biological

noise also contributes to the noisy baseline. Blood flow

in nearby adjacent vessels will be picked up by the trans-

ducers. Additionally, the pig’s respiration was controlled

by a ventilator which regulated the pig’s breathing about

11−12 breaths per minute; respiration is well-known to

modulate flow in the veins of the legs [70]. Figure 10

shows a spectrogram of a blood flow segment across a

number of cardiac cycles. In the figure, modulation due

to the ventilator is clearly shown; the start of a breath

is noticeable at about 1.5 sec., 6.2 sec., and 11.6 sec.

Additionally, throughout the time window, a source of

narrowband noise is visible at about 0.72 cm/s (i.e., about

129 Hz), which corresponds to the period between radio

packet transmissions.

Figure 11 shows an aggregate of the 32 data sets

collected in this study (i.e., four sets per hind leg per

pig). Using the raw blood flow waveforms (i.e., as in Fig-

ure 12), the “flow,” “occlusion,” and “release” segments

of each data set were visually segmented (i.e., 96 data

points in the figure). Portions of the waveform showing

obvious operator involvement (i.e., particularly evident

when the surgeon releases the tourniquet to resume

flow) were avoided in the segmentation. The plotted

data shows features for flow rate (i.e., proportional to

flow velocity) and the RMS voltage of the collected

time-domain raw Doppler signals. To compute the RMS

voltage for a signal segment, first, a raw Doppler signal

Fig. 10: Spectrogram of blood flow across a number

of cardiac cycles. Various sources of noise are visible,

including modulation due to the ventilator as well as

narrowband noise, due to the radio, throughout the time

window.

segment’s envelope is found using the optimized moving

minimum/maximum filter (i.e., 0−3.00 mL/min: moving

minimum, ≥ 4.00 mL/min: moving maximum filter) as

used in the in vitro performance evaluation. Second, the

RMS voltage is obtained by computing the RMS value

of the envelope. It should be noted that neither the RMS

voltage nor flow rate/velocity would be computed to alert

a clinician to a vessel’s patency. Rather, the computed

RMS voltage approximates the observed magnitude of

the raw Doppler waveform’s by a clinician, and the

computed flow rate/velocity, for which the calibration

results were described in Section III-A, serves to confirm

the true patency status of a vessel for the shown RMS

voltage value. As an additional note, the “occlusion” data

points showing a larger RMS voltage value correspond

to the “flow” and “release” data points clustered towards

the top of the figure with correspondingly higher RMS

voltage values. All but one of these outliers come from

the same pig.

Using the raw Doppler signal blood flow data, the

average mean value and the average standard deviation

were computed, for each of the three segments of the 32

data sets. Table I shows, expectedly, that the average

mean for all three segments is about 0, and 2 to 3

orders of magnitude smaller than the average standard

deviation. The average standard deviation for both the

“flow” and “release” are about 3 times larger than that

of the “occlusion” state, which is expected.

Additionally, it is worth noting that the in vivo results
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demonstrate the developed system’s ability to arbitrate

capturing blood flow from a specific device without

interference from nearby devices (i.e., as pictured in

Figure 6).

TABLE I: Average mean (μavg) and average standard

deviation (σavg) for all three flow segments. “*” denotes

multiplication with 10−4.

Flow Occlusion Release
μavg (V) (−2.0± 10)∗ (−1.7± 10)∗ (−2.0± 11)∗
σavg (V) 0.11± 0.14 0.030± 0.048 0.12± 0.18

Fig. 11: Aggregation of 32 data sets. Each data set

is segmented into three groups, “flow,” “occlusion,”

and “release.” The “occlusion” data points showing a

larger RMS voltage value correspond to the “flow” and

“release” data points clustered towards the top of the

figure with correspondingly higher RMS voltage values,

where all but one of these outliers come from the same

pig.

IV. DISCUSSION

The use of Doppler ultrasound to monitor blood flow

is a proven tool for general physiological monitoring.

Chronic implantation monitoring, postoperative monitor-

ing, and even freely behaving subject monitoring can

benefit from wireless blood flow systems. We demon-

strated a tool to simplify blood flow monitoring in veins

of the lower limbs, which are particularly difficult cases

for ultrasound operators [58], [59].

A simple real-time display was shown. Similar to the

wired gold standard in free flap monitoring, our system

reports vessel patency in a simple format. The in vitro
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Fig. 12: (a) Collected Doppler signal from the femoral

vein in a swine’s left thigh using Device 1. (b) Collected

Doppler signal from the femoral vein in the same swine’s

right thigh using Device 2. Flow and no-flow/occlusion

conditions are shown in the figures using the experimen-

tal data collection protocol from Section II-C.

performance evaluation showed close agreement with the

reference flow rates. Above 8.00 mL/min, its relative

error is within ±5.0% for the measured data (i.e., in-

cluding the instrument uncertainty of the NE-1000), and

fitting to the measured data uncovers maximum absolute

errors of +0.24 mL/min for a 0.00 mL/min reference

and about -0.23 mL/min at the largest extrapolated flow

range, 100 mL/min. Other reported continuous wave

wireless totally implantable Doppler devices in literature

describe their accuracy in various ways. Using a steady

state flow simulator, Meindl and Di Pietro report a ±20%
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center velocity accuracy compared to theory, across any

vessel size with any flow profile [64]. Yonezawa et al.

reported ±1% linearity to the reference flow value, via

a timed volume collection method, between 20 cm/s

− 150 cm/s flow velocities [51]. Vilkomerson et al.

reported velocity accuracy errors less than 5% over a 100

mL/min to 900 mL/min range using a volume collection

method [56], [71]. Using custom-built flow phantom,

comprising a gear pump to hydraulically compress a pair

of bellows filled with a blood-mimicking fluid [72] in

an alternating fashion followed by a volume collection

method, Cannata et al. reported average flow velocity

estimate errors less than 6% for 30 measurements over

a 2.5-hour period across a 60 mL/min to 500 mL/min

flow rate range [57]. Additionally, Cannata et al reported

a 1.7% lower peak flow velocity compared with a duplex

ultrasound system when measuring a rabbit’s infrarenal

aorta. Tang et al. described a system with about 5.83%

deviation from the expected flow velocity, 24 cm/s, using

a timed volume method, but only for a single reported

measurement [54]. Considering the various descriptions

and conditions of reported device accuracy, the calibrated

accuracy of our presented system appears to report

a better accuracy over its calibrated range (i.e., 0.00

mL/min to 34.15 mL/min; 0.00 cm/s to 3.2 cm/s) than

found elsewhere in literature (i.e., note that the relative

error, described in our calibrated results, is misleading

for very low flow rates). It should be noted that the

accuracy of the described system relies not only on

the implanted wireless Doppler device, but the flow

estimation methodology (i.e., averaging filters used in

the time-frequency domain) described in Section II-C.

The in vivo results show that, while the majority of

“occlusion” segments were clustered near 0 mL/ms with

near 0 VRMS amplitude, there was a minority grouping

that showed non-zero RMS voltages for near-zero flow

rates. This minority grouping also shows concomitant

larger “flow” and “release” RMS values compared to

those of the rest of the data in Figure 11 (i.e., clustered

near the top of the figure). The reason for the discrepancy

is that flow/velocity estimation begins with a moving

minimum filter, and only uses a moving maximum filter

if the flow rate is greater than 3.00 mL/min; whereas, the

RMS voltage estimation always uses a moving maximum

filter, leading to non-zero RMS voltages for near-zero

flow rates. Mechanical perturbations of the pig’s body

due to a ventilator, which is used to control the pig’s

respiration, manifest as periodic modulation of the raw

Doppler waveform (See Figure 10). This periodic noise

results in larger accumulated overestimation of the en-

velope when using a moving maximum filter. Therefore,

data in which the periodic noise due to the ventilator

is more pronounced will result in, for the “occlusion”

case, as an example, larger non-zero RMS voltages while

the flow rate/velocity remaining still near-zero. As a

consequence, the implication is that, when using this

developed Doppler system, establishing a baseline RMS

voltage reading is necessary so that future assessments

of anastomotic patency are valid. For example, if no

baseline RMS value (i.e., baseline flow and baseline no-

flow magnitudes) was established for the “occlusion”

value near 0.37 V RMS, it is likely that a clinician would

report a false-positive for blood flow (i.e., the flow rate

for this data point is actually near 0 mL/min while the

raw Doppler signal magnitude is larger than that for

“flow” or “release” of other pigs) if only the absolute

magnitude of the signal were considered. Nonetheless,

it should be noted that in the majority data group, the

absolute magnitude of the “occlusion” RMS voltage

value predictably falls below the “flow” and “release”

RMS voltage values.

Several outliers in the in vivo results (Figure 11)

show a non-zero RMS voltage for a near-zero “flow”

and “release” flow velocity/rate: one “flow”/“release”

pair and another lone “release” component. Both can

be explained by poor transducer coupling, likely due

to operator involvement, resulting in a low signal-to-

noise ratio and leading to a poor flow/velocity estimation.

The ventilator noise resulted in the non-zero RMS volt-

age. The calibration procedure was void of noise and

perturbations. So while the calibrated data show close

agreement with theory, it is not known the degree to

which noise and perturbations, such as those introduced

by the pig’s ventilator, affect the estimate of flow rate.

To the best of the authors’ knowledge, considering

the electronics and antenna size, we have demonstrated

the smallest wireless implantable blood flow monitor

device that incorporates an MCU. The PCB area is about

8.30 cm2 (i.e., single side). The electronics, including

the antenna and without battery, is about 1.70 cm3,

and the total encapsulated volume, without transducer

cuff and transducer leads, is about 18.0 cm3. Because

the implant lifetime was short, encapsulation was not

optimized, which added significant bulk (i.e., 6.08 cm3

without encapsulation; includes electronics and battery).

Total implant volume can be reduced through the use

of alternative encapsulation materials (e.g., silicones,

epoxies, glass, etc. [73], [74]). Kiourti and Nikita provide

suggestions for biocompatible encapsulation options for

implantable antennas in order to minimize power loss

[68]. The wireless blood flow monitor PCBs developed

by Vilkomerson et al. appears to occupy about 30.5 cm2

(i.e., total, for both PCBs, single side) from published

images [56]. The implant volume is not given. Cannata’s
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work stated that it used a modified version of Vilkomer-

son’s design, without commenting on the specific size

[57]. Another device, developed by Tang, Vilkomerson,

and Chilipka, demonstrated an implantable blood flow

monitor with a wireless rechargeable battery; the battery

was recharged by a coil [54]. The reported total PCB area

(i.e., for two boards) was 7 cm2, but implant volume (i.e.,

with batteries, without batteries, without encapsulation,

etc.) was not reported. Additionally, the implant volume

impact by the coil was not reported. Additionally, one re-

ported device in literature, called an anastomotic patency

monitor, which used a microcontroller, reported good

agreement between its measured flow and actual flow

[75]; however, size and design specifics were omitted.

Previous microcontroller-equipped wireless blood

flow monitors have not focused significant attention on

the impact of circuit selection, performance, degree of

integration, and topology to reduce PCB real-estate and

implant size. Our device was able to achieve its size

through the following considerations. High density PCBs

which mount components on both sides and in close

proximity reduce size, but interference is a significant

concern, so care was taken to avoid a troublesome lay-

out while minimizing real-estate. Differential electronics

were used wherever possible to minimize the effects

of coupled noise, thereby allowing for a more compact

layout. Power supply decoupling was incorporated, and

dedicated voltage regulators for most portions of the

design were used to prevent noisy circuits from polluting

power supply lines. The MCU, which incorporated both

a microcontroller and a radio, saved significant real-

estate by offering a high degree of functionality in

a single package. The radio telemetry frequency was

selected such that the antenna’s size would not incur

a significant real-estate penalty. However, the caveat is

that while higher frequencies typically permit smaller

antenna geometries [76], the losses in biological tissues

at higher frequencies are often greater [77].

The same MCU that allows software customization

to control system functions [78], blood flow data cap-

turing, and low power modes, can also be used to

develop a scalable system [79], which can interrogate

and control multiple devices. Examples where multiple

monitors need to be used in close proximity include,

free flaps requiring in-flow and out-flow monitoring, and

hospitals with nearby patients being monitored. Thus far,

there has been no report in literature of wireless blood

flow monitoring systems supporting multiple monitors.

With our developed system, a specific monitor could be

activated, wirelessly, without activating unwanted nearby

monitors.

The MCU software can be readily customized for

specific applications. For example, the software could be

customized to set the sleep timer duration dynamically,

thereby extending implant lifetime and enabling chronic

implantation applications [80]. As another example, the

abort key could be modified in our current implemen-

tation. Currently, all devices respond to the same abort

sequence, as a failsafe to prevent accidentally leaving

a device activated and draining its battery. For a large

scale deployable system, this should be changed to only

abort a specific device. The current system uses 16-bit

abort keys and “Wake Up” SIDs. This means that 216/2
unique devices can be multiplexed (i.e., one unique abort

key and one unique “Wake Up” SID per device).

V. CONCLUSION

This paper demonstrates a wireless Doppler blood

flow monitoring system that reduces flow interpretation

difficulties by providing a simple real-time visual in-

dicator of blood flow. The developed system’s blood

flow rate accuracy is high across its calibrated range.

Careful selection of circuit performance, degree of in-

tegration, and topology resulted in a compact implant

size. The microcontroller unit played a crucial role in

size reduction. Additionally, it allowed implementing

customized software, which extended battery life and

permitted the activation of specific blood flow monitors

in the presence of nearby monitors. In the future, the

customizable software can be adapted to deploy a large

scale monitoring system with thousands of monitors

accessible from just a single external hub. And most

importantly, system functions that heavily impact battery

life can be dynamically set via the microcontroller unit

in order to satisfy chronic implantation applications.
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