JOURNAL OF MICROELECTROMECHANICAL SYSTEMS, VOL. 25, NO. 6, DECEMBER 2016

1015

An Electrochemical Impedance-Based Thermal
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Abstract— A novel electrochemical-thermal flow sensor was
developed for use in physiological liquids. The sensor was constructed out of a platinum resistive heater and platinum sensing
electrodes on a Parylene C substrate, rendering it flexible and
fully biocompatible. During heating, changes in electrochemical
impedance across the sensing electrodes were used to detect
changes in temperature, and highly sensitive flow measurements
were achieved with overheat temperatures of only 1 °C. The
sensor’s biocompatibility and low overheat temperature make it
an ideal candidate for chronic in vivo applications. [2016-0170]
Index
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temperature dependence, Parylene C, thermal flow sensing,
electrochemical-microelectromechanical systems (EC-MEMS).

I. I NTRODUCTION

P

RECISE and accurate knowledge of flow rate is a ubiquitous concern of both medicine and biology. Accurate flow
measurement is critical in applications such as drug delivery,
drug synthesis, and diagnostic tests. For in vivo applications,
implantable microscale flow sensors have been proposed to
monitor the flow of blood, cerebrospinal fluid, or other bodily
fluids, provide tracking of a disease state, or deliver diagnostic
information to clinicians. However, few flow sensors possess
all the capabilities necessary for medical applications, which
include compatibility with physiological fluid, low detection limit, low power consumption, and biocompatibility for
in vivo implantation. Mechanical designs, which often mimic
macroscale turbine or cantilever flow sensors [6], possess
moving parts at risk of biofouling when exposed to biological
fluids. Thus, designs having no moving parts are preferred for
physiological environments.
Microfluidic thermal flow sensors have been successfully
used for gas and liquid sensing in several applications and
operate by measuring convective heat transfer in a fluid as
a function of flow rate [1]. Although many microfabricated
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thermal flow sensors have been successfully developed and
commercialized for gas flow, there are additional challenges
involved in designing sensors for in vivo measurement of
physiological liquids. Due to the high thermal conductance
of water and physiological fluids, sensors must be smaller
and operate at a higher overheat temperature to minimize heat
dissipation losses. Sensors designed for implantation must also
minimize heating to avoid damaging the body, and must be
constructed from biocompatible materials that will not corrode
or degrade in vivo. Most prior reports of microfabricated
thermal flow sensors employ traditional semiconductor-based
materials, typically as silicon-based sensors employing a thinfilm microheater (often relying on silicon nitride membranes
for thermal isolation) with joule heaters and resistance temperature detectors (RTDs) fabricated from polysilicon [7]–[9],
germanium [11]–[13], or metals [15]. These sensors have
achieved high accuracies and sensitivities over a wide range
of flow velocities thanks to the high temperature sensitivity
of doped polysilicon and germanium, but are not suitable
for chronic implantation due to their corrosion under chronic
exposure to physiological fluid [17]. Some sensors, designed
for use in water or physiological fluids, have been reported
with metal heaters and temperature sensors fabricated on
polyimide [14], [18], Parylene C [10], [19], [20], or other
biocompatible polymer substrates [16], [21]. Unfortunately,
metals have an order of magnitude lower sensitivity to temperature changes than semiconductor-based resistors, resulting
in low sensitivity and requiring high overheat temperatures.
The low sensitivity of current polymer-based thermal flow
sensors and the lack of biocompatibility in semiconductorbased thermal flow sensors has left a need for a flow sensor
which is both highly sensitive and biocompatible in design and
material. We have developed a thermal flow sensor designed
not only to function in physiological fluids, but to exploit the
ionic conductivity of several biological liquids which enables
improved sensitivity. Temperature-mediated changes in the
conductivity of the solution are monitored via high-frequency
electrochemical impedance to deduce flow rate, and the corresponding temperature sensitivity is an order of magnitude
larger than the temperature coefficient of resistance (TCR) in
metallic RTDs (Table 1). The new sensor is constructed of
a platinum resistive heater and sensing electrodes on a thin
film Parylene C substrate. Parylene’s high thermal resistivity
reduces thermal conduction across the substrate. A time-offlight method for flow transduction was developed which
measures the rate of heat transfer due to both diffusion and
convection, enabling accurate measurements of low flow rates
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TABLE I
T EMPERATURE C OEFFICIENT OF R ESISTANCE (TCR) OF M ETALS
AND S EMICONDUCTORS W HICH A RE C OMMONLY U SED IN
R ESISTIVE T EMPERATURE S ENSORS , AS W ELL AS
S EVERAL I ONIC S OLUTIONS I NCLUDING
H UMAN C EREBROSPINAL F LUID [1]–[3]

Fig. 1. Temperature sensitivity of conductivity, which is comparable to TCR,
of an aqueous solution of sodium ions at infinite dilution.

and bidirectional flow detection using only a single temperature sensor. Here we present the operating theory, fabrication,
and characterization of the sensor and sensing mechanism.
II. T HEORY
A. Electrolyte Conductivity
The conductance, and thus the electrochemical impedance,
of an aqueous electrolyte solution is highly dependent on temperature. Electrical conduction through an electrolyte solution
arises from the movement of charged ions, and the solution’s
ionic conductance describes the movement of these ions in
an electric field. This movement is determined by the sum
of forces between ions and the surrounding solution. Bulk
conductance is directly proportional to ionic concentration but
a molar conductivity can be defined as  = G/c, where G is
the bulk conductance, and c is the molarity of ions [22]. The
limit of conductivity as concentration goes to zero is known
as the state of ‘infinite dilution’ and is useful to consider since
in this state, conductivity depends on interactions between a
single ion and the solution. If the mobility of an ion is defined
as the limiting velocity per applied force, the conductivity at
infinite dilution is
λ0 = uq F

(1)

where u is ionic mobility, q is the charge on the ion, and
F is Faraday’s constant [23]. Stoke’s law gives the first
approximation for ionic mobility as a product of the drag
between a spherical ion and a continuous solution, and this
law can be extended by including dielectric losses produced
by moving charges to give
3 ε0 − ε∞
u −1 = 4πηr + q 2 2 3 τ0
8
ε0 r

(2)

where η is water’s viscosity, r is ionic radius, ε0 and ε∞
are the high-frequency and low-frequency limits of the solution permittivity, and τ0 is the Debye relaxation time [24].

All temperature-dependent terms in this expression are parameters of water, and viscosity is the term which has the largest
effect, indicating that the effect of changing temperatures on
ionic mobility is largely independent of the ionic species
present and is closely related to changes in water’s viscosity.
Viscosities, permittivities, and Debye relaxation times of
water at temperatures from 10-60°C were used to calculate conductivity at infinite dilution of a common ion
(sodium) [25]–[27]. Figure 1 shows the percent change in
this conductivity per °C, which is equivalent the temperature
sensitivity of the solution analogous to TCR of a solid.
The temperature coefficient of conductivity at infinite dilution is a good indicator of the response of an electrolyte
solution to changes in temperature, but forces exist between
ions that must be taken into account for real solutions.
Debye, Huckel, and Onsager summarize these forces in the
expression
⎛
⎞
2 eF 2
3 eF
√
z
qz

0 ⎠ c (3)
 = 0 − ⎝
 2  23 +
2
24πε RT ε RT
3πη ε RT
where c is the electrolyte concentration in moles per liter,
0 is the infinite dilution conductivity, z is the valency number
of each ionic species, R is the gas constant, e is the electron
charge, and q describes the symmetry of an ionic species [28].
Calculating this conductivity for various ionic species reveals
that the temperature coefficient of conductivity decreases as
concentration increases. However, the difference in temperature coefficient between infinite dilution and most physiological fluids is minimal. For example, cerebrospinal fluid and
blood have approximate ionic molarities of 295 mM [29]
and 345 mM [30], which have a difference in temperature
coefficient from a solution at infinite dilution of 0.19% and
0.21% respectively.
Changes in conductivity of an electrolyte solution can
be detected by measuring the electrochemical impedance
between two immersed electrodes. Typically, three electrodes
are used for electrochemical measurements, with one electrode
providing a stable reference voltage in the electrolyte. This
allows for sensitive measurements at the electrode-electrolyte
interface and has been used for a number of amperometricbased sensors. However, to measure changes in the bulk
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Fig. 2. Our sensor transduces flow through the transfer of heat from a
resistive heater to flowing fluid and from the fluid to a pair of electrodes.
The electrodes sense changes in temperature via changes in electrochemical
impedance (Zsense ). Orange represents the temperature distribution being
distorted by flow, blue represents the flowing liquid and light blue represents
the polymer substrate.

The maximum rate of change of temperature at electrodes
can be used to transduce flow velocity in both convection and diffusion-dominated states, since the heating profile around a heater is affected by both convection and
diffusion. Measuring the maximum rate of change allows
flow transduction down to arbitrarily low flow velocities and
for both positive and negative flow directions. To validate
this approach, a 1-dimensional finite difference simulation
was used. Assuming perfect insulation and an infinitely
long fluid cylinder, the explicit finite difference equation for
heat transfer via the convection-diffusion equation in one
dimension is
T jn − T jn−1
t

=α

n−1
T jn−1
+ T jn−1
+1 − 2T j
−1

−V
conductivity of the electrolyte a high frequency signal is
passed between electrodes, and at the proper frequency the
electrode-electrolyte interface is completely bypassed and a
reference electrode is no longer necessary.
B. Flow Measurement
To enable bidirectional flow measurement at low flow rates,
a time of flight method was developed requiring a heater and
a single pair of impedance electrodes, where the rate at which
the heated solution reaches the electrodes is used to transduce
flow velocity. Figure 2 shows the basic setup of our sensor.
The transfer of heat away from a heater can be described
using the convection-diffusion equation:
∂T
= ∇∗ (α∇T ) −∇ ∗ (VT) + H (x, t)
(4)
∂t
where T is temperature, α is the fluid’s thermal diffusivity,
V is the fluid’s velocity vector at any point, and H (x, t)
is any change in temperature forced upon the system [31].
The impulse response to the convection-diffusion equation is
a constantly widening and shifting Gaussian curve, and when
convection is the dominant method of heat transfer, the peak
of this Gaussian can be tracked to derive the flow velocity.
However, for low flow rates and over short distances, diffusion
is the dominant method of heat transfer, and the Gaussian
will tend to dissipate before the peak moves a significant
distance. The relative dominance of convection over diffusion
is described by the Peclet number
Lv
(5)
α
where L is length and v is the scalar flow velocity [32]. When
the Peclet number is greater than 1, the system is dominated
by convection. The highest flow velocity we tested was around
800 μm/s, which with a temperature sensor spaced 1 mm
away from the heater and using the thermal diffusivity of pure
water (α = 143 × 10−9 m2 /s) gives a Peclet number of 5.59.
This indicates that the system is slightly convection-dominated
but that reducing flow velocity would lead to a diffusiondominated state. Therefore, a method of flow measurement
is needed which operates in both diffusion-dominated and
convection-dominated states.
Pe =

1017

( x)2
n−1
T jn−1
+1 − T j −1
2 x

+H

(6)

where T jn is the temperature at time n t and position
j x [33]. The stability criteria for this method is x < 2α
V
2
and t < 2αx . Choosing 50 μm for x and 5 ms for
t satisfies these criteria. The initial temperature was set to
25 °C, and after 1 second, the heat at x = 0 increased by
2 °C to simulate constant current delivered to the heater. Heat
conduction through the polymer substrate was considered to be
negligible, since the polymer used (Parylene C) has a thermal
conductivity an order of magnitude lower than the surrounding
fluid (0.084 W/m·K, versus 0.596 W/m·K for water) [34].
Figure 3 shows the simulation results, which confirm that
the heating profile 1 mm away from the heater is altered
by changes in the flow velocity and that the maximum rate
of change of temperature can be used to transduce flow.
This method of flow transduction overcomes some limitations
of traditional time of flight measurements and allows the
temperature measurement electrodes to be placed close to
the heater, allowing for smaller devices with lower overheat
temperatures and enabling the accurate measurement of low
flow velocities.
III. S ENSOR D ESIGN
Sensors which used the above principles to transduce flow
velocity were designed and fabricated, each sensor consisting
of a resistive heater and a pair of exposed platinum electrodes
deposited on a thin-film Parylene C substrate, as show in
Figure 4. The heater is 1 mm long and 250 μm wide and
consists of a serpentine platinum trace with a trace width
and spacing of 25 μm. Each heater has a DC resistance
of 750-800 , depending on process variations. The measurement electrodes are spaced 750 μm apart perpendicular to
the direction of flow, with each electrode having a geometric
surface area of 20000 μm2 . Two pairs of electrodes were
fabricated on each sensor to enable accurate measurement
over a large range of flow rates. Two different sensor variations were designed, one with electrodes spaced 0.5 mm
and 2 mm away from the center of the heater and one with
electrodes spaced at 1 mm and 3 mm. Each die also contained a previously reported pressure sensor [35] and patency
sensor [36].
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Fig. 5. A sensor die (A) just after being released from its silicon carrier
wafer and (B) packaged in a luer lock connector for fluidic testing.

Fig. 3. (A) Simulations show that the temperature profile 1 mm away from
the heater is dependent on flow and (B) that the maximum rate of change of
temperature is related to flow velocity.

Fig. 4. Fabricated sensor die showing the resistive heater and two sets of
impedance electrodes. The die also contains previously reported pressure and
patency sensors.

pads were exposed using a switched chemistry deep reactive
ion etching process in oxygen plasma and a second cutout
etch was used to separate devices. The free-film devices
were released from the carrier wafer by gently peeling while
immersed in deionized water, and any residual photoresist was
removed by washing in acetone.
Electrical connections were made through a zero insertion
force (ZIF) connector soldered onto a flat flexible cable. The
contact pads of the released device were first attached to a
250 μm thick PEEK (polyetheretherketone) backing using
cyanoacrylate glue to achieve the thickness necessary for
insertion into the ZIF connector. The ZIF connector was then
encapsulated with biocompatible EpoTek 353-NDT epoxy. For
flow testing, the sensors were packaged into a luer lock, shown
in Figure 5. Using a luer lock connector enables devices to
easily attach to shunts and catheters currently used in hospitals,
including external ventricular drains for cerebrospinal fluid,
which is our primary target application. A slot was milled
into the top of a luer lock connector with an inner diameter of
3.25 mm and the sensor was inserted and sealed with EpoTek
353-NDT epoxy such that one end of the sensor fixed to the
connector and one free-standing. Care was taken to place the
sensor films as close to the center of the luer lock connector
as possible so that the resistive heater and electrodes are in
the region of maximum flow velocity. An acrylic jig was used
to hold the sensors in place while the epoxy dried.
V. F LOW T ESTING AND C HARACTERIZATION

IV. FABRICATION
Fabrication followed previously reported surface micromachining processes for Parylene C MEMS devices described in
detail elsewhere and briefly summarized here [37]. A 12 μm
thick Parylene substrate was deposited on a silicon carrier
wafer, and the heater, electrodes and contacts were defined
in a single layer of 2000 Å thick sputtered platinum. Components were patterned with UV lithography followed by metal
deposition and lift-off before being insulated in a second
12 μm thick Parylene layer. Electrode surfaces and contact

The heater resistance and electrode impedance were
characterized in phosphate-buffered saline (PBS), an
isotonic solution commonly used to mimic solutions
(pH 7.4, ionic molarity 280 mM), at temperatures between
25 and 50 °C. Tests were also performed in artificial
cerebrospinal fluid (aCSF), which has a slightly higher ionic
molarity and includes calcium and magnesium to better mimic
the ionic environment in in vivo. aCSF was prepared by
combining 8.66 g NaCl, 0.224 g KCl, 0.206 g CaCl2 · 2H2 O,
0.163 g MgCl2 · 6H2 O, 0.214 g Na2 HPO4 · 7H2 O, and 0.027 g
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Fig. 6. To transduce flow rate, the impedance during heating was normalized
to a baseline value and the minimum rate of change in impedance, which
occurred 1-2 s after heater activation, was recorded.

NaH2 PO4 · H2 O in 1 L of double-distilled water [38]. The
heater’s DC resistance was measured using a Keithley 2400
SourceMeter and electrochemical impedance spectra was
acquired between 1 Hz and 1 MHz using a Gamry R600
potentiostat. Fluidic testing was performed by flowing PBS
through packaged sensors using a Watson Marlow 120U
peristaltic pump with a flow rate range of 0 to 400 μL/min.
Constant current pulses were delivered to the heater using a
Keithley 2400 SourceMeter and electrochemical impedance
was measured at 100 kHz and 1 VPP using an Agilent E4980A
LCR meter. Sensor performance was first characterized under
static conditions using heater currents between 0.5 and 6 mA,
corresponding to overheat temperatures between 0 and 9 °C,
and was then characterized at flow rates between -400 and
400 μL/min using a 2 mA heater current. Sensors were also
characterized in 0.25, 0.5, 1, and 2× dilutions of PBS, which
have ionic concentrations of 0.07, 0.14, 0.28, and 0.56 mol/L
respectively, as well as tap water. Additional characterization
was performed in PBS at temperatures between 19 and 30 °C,
with the exact temperature at the heater confirmed through
measurement of the DC resistance of the heater.
To transduce flow velocity, the electrochemical impedance
across a pair of sensing electrodes was recorded by a LabVIEW program at a rate of 5 Hz. The baseline impedance
without heating was measured, and any deviations from
this baseline due to heating were normalized as a percent
change. The instantaneous rate of change was then calculated while the heater was active, and the minimum rate of
change, corresponding to the fastest increase in temperature
at the electrodes, was taken as a measurement of the flow
velocity (Figure 6).
VI. R ESULTS
Characterization of the electrodes at different temperatures
showed that the largest temperature-based changes in electrochemical impedance occurred at frequencies greater than
∼60 kHz, corresponding to the frequency range at which
phase approaches zero. To ensure that all measurements were
in this range, all impedance measurements were performed
at 100 kHz. Heater characterization showed that the TCR of

Fig. 7. (A) The overheat temperatures at the heater and (B) the response of
an electrode pair 1 mm away for various current levels at no flow.

the resistive heater was approximately 0.16 %/°C, which is
within the expected range for thin-film platinum [39]. From
the TCR, the overheat temperature was calculated during flow
testing by recording the heater’s resistance during current
injections. Figure 7 shows the heater overheat temperature
and the impedance of electrodes 1 mm away normalized to
the pre-heating value. A heater current of 2 mA provided an
adequate impedance response with an overheat temperature
of only 1.04 °C. To minimize power consumption and reduce
the risk of damaging tissue or other structures due to excessive
heating, all subsequent tests used a heater current of 2 mA.
A volumetric flow rate of 1 μL/min will result in a flow
velocity of 2 μm/s when sent through a tube with a diameter
of 3.25 mm. Figure 8A shows the impedance response of
electrodes 1 mm away from the heater operating at an overheat temperature of 1°C under different flow velocities. The
response profile and the minimum rate of change of impedance
was found to vary with flow velocity and to be consistent
across multiple trials (Figure 8B).
Figure 9 shows the minimum rate of change of impedance
at flow velocities between −800 and 800 μm/s. The rate
of change versus flow velocity takes the form of a steadily
increasing curve at small negative and positive flow velocities,
but begins to level off at large negative flow velocities. The
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Fig. 10. The sensor response of electrodes spaced 0.5 mm, 1 mm, and 2 mm
away from the heater. The response of electrodes at 4 mm was negligible.

Fig. 8. (A) The percent change in impedance at electrodes 1 mm away from
heater during constant 1°C heating and (B) the instantaneous rate of change.
The minimum (peak) of the rate of change is used to transduce flow velocity.

Fig. 11. A comparison of sensor response in 1x PBS and aCSF, which shows
no significant differences.

Fig. 9. The minimum rate of change of impedance 1 mm away at flow
velocities from −800 to 800 μm/s.

maximum standard deviation between −200 and 200 μm/s
is 43.3 μm/s.
Figure 10 shows the response of sensors with electrodes
spaced 0.5, 1, and 2 mm away from the heater. Changing
the heater-electrode spacing changes the dynamic range of the
sensor, and electrodes spaced 0.5 mm away from the heater
showed a higher dynamic range than the electrodes at 1 mm.
However, measurements from electrodes at a 0.5 mm spacing

were observed to be noisier than measurements at 1 mm.
Sensors with a 4 mm electrode-heater spacing showed no
response.
To ensure that results using PBS can be generalized to
physiological fluids, a sensor was tested in both PBS and
artificial cerebrospinal fluid (aCSF), which contains 150 mM
Na+ , 3.0 mM K+ , 1.4 mM Ca2+ , 0.8 mM Mg2+ , 1.0 mM
PO43− , and 155 mM Cl− . Figure 11 shows the results, which
reveal no significant differences in the response.
The baseline impedance of electrodes in different dilutions of PBS ranged from 3.67±0.04 k in 2× PBS to
20.7±0.18 k in 0.25× PBS, and electrodes in tap water
showed a baseline impedance of 82.5±8.9 k (n = 15,
mean ± SD). Figure 12 shows the sensor’s response in these
solutions. As concentration decreased, the magnitude of the
sensor’s response increased slightly, though this change is only
greater than standard deviation between tap water and the most
concentrated PBS solution.
Figure 13 shows the sensor’s response in 1× PBS at ambient
fluid temperatures between 19 and 30°C. The baseline rate of
change of the sensor decreases slightly over this range.
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Fig. 12. (A) The minimum rate of change versus flow velocity at various
dilutions of PBS. 0.25, 0.5, 1, and 2× PBS have ionic concentrations of
70, 140, 280, and 560 mM respectively. (B) The sensor response versus the
baseline impedance of the temperature sensing electrodes.
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Fig. 14. Comparison of sensor response between (A) 1°C and 2°C and
(B) 1°C and 10°C. Higher overheat temperatures are somewhat noisier but
possess a significantly higher dynamic range, resulting in a net improvement
in measurement resolution.

A sensor was characterized using a 1, 2, and 10 °C overheat
temperatures, which correspond to 2, 2.9, and 6.2 mA currents
delivered to the resistive heater. Figure 14 shows the sensor
response results at these different operating regimes. When the
overheat temperature is increased from 1 to 2 °C, the resolution
improves significantly, with the standard deviation between
−200 and 200 μm/s decreasing from 28.6 to 17.3 μm/s.
Increasing the overheat temperature to 10 °C further decreases
the resolution to 13.1 μm/s, though this improvement is not
proportional to the change in temperature due to higher measurement variations seen during higher temperature operation.
VII. D ISCUSSION
Fig. 13. The sensor response using 1°C overheat temperature at ambient
temperatures between 19°C and 30°C. The minimum rate of change becomes
slightly less sensitive at higher temperatures.

Using a 1°C overheat temperature is desirable to reduce
power consumption and avoid tissue damage in in vivo
applications, but higher overheat temperatures would provide
greater dynamic range and potentially increase sensor resolution, which would be useful for non-implanted applications.

Results from sensor testing matched simulation results in
that the maximum rate of change of temperature at downstream electrodes, which corresponded to the minimum rate
of change of impedance, can be used to transduce flow
velocity (Fig. 15). However, experimental results showed a
significantly lower dynamic range compared to the simulation,
most likely due to heat loss through the walls of the luer
lock connector, which assumed to be zero in the simulation.
At negative and low positive velocities, the minimum rate
of change was related to flow velocity as predicted by the
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Fig. 15. A comparison between simulated results and experimental results,
both with approx. 2°C heating. The results show a similar pattern over the
majority of flow rates, though due to heat loss through the walls of the flow
channel the experimental results have a lower dynamic range.

simulation, but at high positive velocities the rate of change
began to deviate slightly from what the simulation predicted.
This may have been due to the use of constant current to
heat the fluid, which would result in a small decrease in
heater temperature as the flow velocity increases. The dynamic
range at higher flow velocities could therefore be improved by
using a constant temperature at the resistive heater, though this
would necessitate more complex feedback circuitry.
The decrease in sensor response with both increasing
ambient temperature and increasing ionic concentration also
followed theoretical predictions, although the changes in sensitivity with ionic concentration were found to be insignificant
within an order of magnitude difference in ionic concentration.
However, when used in an environment where large changes
in ionic concentration are expected, the baseline impedance
of the sensing electrodes without heater activation could be
used to calibrate sensor response, though this would require
a priori calibration over the expected ionic concentration
range. Changes in sensitivity with ambient temperature were
small but significant compared to the sensor’s dynamic range
for future applications, the heating resistor may be used as an
ambient temperature sensor for real-time calibration, since the
resistance of platinum is highly stable and increases linearly
with temperature. Similar devices were fabricated which used
a second platinum resistor as a temperature sensor, but after
initial testing these were discarded due to the low TCR of the
resistor and inductive coupling between the heater and resistor,
which overwhelmed any flow-based effects.
The dynamic range of the sensor was relatively small
when using a 1 °C overheat temperature, but was improved
during operation with 2 and 10 °C overheat temperature.
Slightly increasing the overheat temperature result in noticeable improvements in sensor resolution, and for ex vivo
applications, overheat temperatures even higher than 10 °C
may be useful, as long as those temperatures do not affect the
surrounding environment. Association for the Advancement of
Medical Instrumentation standards limit temperature increases
in implants to between 1 and 2 °C [40], so any implantable

device will need to stay within this range, but even with a
minimal overheat temperature, the sensor can transduce flow
velocity ranges relevant to cerebrospinal fluid flow through
hydrocephalus shunts [41] or external ventricular drains [42]
as well as capillary blood flow [43]. Arterial blood flow has
a much higher average velocity, but even without increasing
overheat temperature, the sensor can be tailored to measure
higher flows by increasing the distance between electrode and
heater. Multiple pairs of electrodes could also be used to
transduce a wider range of flow velocities. Outside of the body
there are many applications from cell culturing to microfluidic
diagnostics that could benefit from low flow rate sensing of
electrolytic solutions. Furthermore, benchtop devices could
have higher operating temperature limits compared to in vivo
applications and could therefore be tuned to a much wider
range of flow velocities.
The small size of our sensor and its construction on a
flexible substrate allow it to be easily integrated into shunts,
catheters, and other equipment, and this design could be
further miniaturized to access additional applications. Future
work will investigate changing the size and orientation of
electrodes in order to improve sensitivity and the use of
calorimetric sensing to obtain a larger measurement range
and decrease the time per measurement. Future work will
focus on reducing measurement variation in order to improve
resolution. This variation was observed to be much smaller
when the sensor was tested without flow compared to when
fluid was flowing, indicating that the pulsatile operation of the
pump may be reflected in the sensor’s output. The sensor may
also move when subjected to flow, as only one end of the
sensor is affixed to the wall of the luer lock connector; this
movement may further contribute to measurement variation.
Variation between devices was also present, which may have
been a result of small deviations in the placement of the
Parylene sensor die from the center of the flow channel. Noncentered placement of the sensor would result in a lower flow
velocity at the sensor die, which may have caused a baseline
shift. Before packaging an assumption was made that, due
to water’s high thermal conductivity, heat would spread to
the region of highest flow velocity quickly enough that small
deviations from center would not have a noticeable effect on
sensor performance. Future work will test this assumption
and evaluate whether an alternative packaging scheme could
decrease inter-device variability.
Table 2 shows select parameters of several commercial
and laboratory flow sensors. T is the overheat temperature
used and range is either the total range over which effective
flow measurements can be made or the largest range tested,
whichever is smaller. Resolution for commercial sensors is
usually defined as 3× the standard deviation, but in literature
the value usually reported is the smallest flow rate difference
at which a difference in measurements was detected. There
are very few commercial thermal flow sensors which are
able to sense liquids traveling at low flow velocities, and of
these the Sensirion sensor is the most effective, reporting a
minimum detectable flow velocity of ∼14 μm/s with a very
wide detectable flow range. However, all available commercial
liquid flow sensors use silicon-based sensing elements and
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TABLE II
A COMPARISON OF S EVERAL T HERMAL F LOW S ENSORS , B OTH C OMMERCIAL AND R EPORTED IN L ITERATURE

high overheat temperatures, rendering them incompatible with
chronic in vivo use. Many other thermal flow sensors designed
for water or other liquids have been reported in literature, but
these have high overheat temperatures, low sensitivities, or
non-biocompatible materials which prevent their use in vivo.
VIII. C ONCLUSION
A thermal flow sensor which uses electrochemical
impedance to measure changes in temperature was designed
and tested. The use of impedance as well as a novel time
of flight method for transducing flow allows for bidirectional
measurement of low flow velocities with an overheat temperature of only 1°C. Accurate flow transduction is possible despite
variations in ionic concentration, and in-use temperature
calibration is possible thanks to the use of a platinum resistive
heater. Due to its flexible, robust, and biocompatible design
this sensor is useful in a wide range of applications for which
current thermal flow sensors are not suitable, including chronic
implantation in the human body
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