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MEMS AFFINITY SENSOR FOR
CONTINUOUS MONITORING OF ANALYTES

CROSS REFERENCE TO RELATED
APPLICATIONS

This application is a continuation of International Patent
Application No. PCT/US12/048819, filed Tul. 30, 2012,
which claims priority from U.S. Provisional Application No.
61/513,335, filed Jul. 29, 2011; U.S. Provisional Application
No. 61/538,732, filed Sep. 23, 2011; U.S. Provisional Appli-
cation No. 61/542,113, filed Sep. 30, 2011; and U.S. Provi-
sional Application No. 61/542,139, filed Sep. 30, 2011. The
disclosure of each of the foregoing applications is herein
incorporated by reference by its entirety.

STATEMENT REGARDING FEDERALLY
FUNDED RESEARCH

This invention was made with government support under
grant number DK63068-05, awarded by the National Insti-
tutes of Health, and grant number ECCS-0702101, awarded
by the National Science Foundation. The government has
certain rights in this invention.

BACKGROUND

Diabetes mellitus is a metabolic disease characterized by
persistent hyperglycemia (high blood sugar levels). Compli-
cations induced by diabetes, such as heart disease, stroke,
hypertension, blindness, kidney failure, and amputation
deprive the lives of 231,404 people in America as recently as
2007, making diabetes the seventh leading cause of death.

Glucose monitoring can reduce the occurrence rate and
severity of complications caused by hyperglycemia or
hypoglycemia. Thus, itis important to closely monitor abnor-
mal blood sugar levels in diabetes patients so timely treat-
ments (e.g., insulin injection, exercise, and diabetic diet,
intake of carbohydrate) can be administered. This can be
achieved by continuous glucose monitoring, which involves
either noninvasive or minimally invasive detection of glu-
cose. Noninvasive methods can extract interstitial fluid (ISF)
glucose from the skin in minimally destructive approaches or
measure blood glucose in contactless manners. Although
noninvasive methods can be used for CGM, interferences,
such as the complexity of skin structures, sweating, tempera-
ture, and exercise can impact the accuracy and reliability of
the system, limiting their practical applications in CGM. Cer-
tain minimally invasive methods can use subcutaneous sensor
implantation to monitor the glucose levels in ISF. In the
steady state, ISF glucose concentration is identical to that in
blood. However, when the blood glucose levels undergo rapid
changes, time lags between the blood and the ISF glucose
concentrations can occur.

Electrochemical glucose sensors, which use O, and H,0O,
as the mediators, can also be subject to errors induced by
fluctuations of oxygen levels. In addition, redox-active spe-
cies, such as ascorbic and uric acids, can compromise the
selectivity and the accuracy of the glucose sensors. Other
devices utilize artificial mediators (e.g., ferro/ferricyanide,
hydroquinone, and ferrocene) as alternatives to oxygen for
electron transfer. However, competition of oxygen with the
artificial mediators and potential leaching and toxicity of
these artificial mediators can hinder the in-vivo applications
of these devices.

MEMS devices offer miniature sizes and rapid time
responses, and are suited for implantable or noninvasive glu-
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cose sensors. MEMS technology can be used in developing
electrochemical CGM sensors. MEMS affinity glucose sen-
sors can use Con A, boronic-acid based monomers and poly-
mers, and GBP as the glucose receptors and measure the
glucose-induced changes in the properties of these receptors.
Forexample, viscosity changes due to the binding of Con A or
boronic acid-based polymers with glucose can be exploited
by optical or electrical detection of microcantilever vibration,
piezoelectric detection of flow resistance, and hall effect
detection of microrotors.

There is a need to develop implantable glucose monitoring
systems that offer improved long term accuracy and stability,
low drift, resistance to environmental parameter fluctuations,
easier calibration, as well as the capability of providing real-
time report of a subject’s glucose level via wireless telemetry.

SUMMARY

The disclosed subject matter provides techniques for moni-
toring a target analyte in a sample using a polymer capable of
binding to the target analyte. In one aspect, an exemplary
microdevice includes a semi-permeable membrane structure,
a substrate, first and second microchambers formed between
the membrane structure and the substrate, and a suspended
element positioned to be spaced apart from the substrate. The
first microchamber can be adapted to receive a solution
including the polymer. The second microchamber can be
adapted to receive a reference solution for screening effects
not caused by the target analyte. The semi-permeable mem-
brane structure can be permeable to the target analyte and
impermeable to the polymer, such that when the sample is
placed in contact with the semi-permeable membrane struc-
ture, the target analyte, if present in the sample, permeates the
semi-permeable membrane structure and enters the first
microchamber and the second microchamber, respectively.
The polymer can be prevented from escaping from the first
microchamber through the semi-permeable membrane struc-
ture. The microdevice can further include the polymer solu-
tion in the first microchamber and the reference solution in the
second microchamber.

In some embodiments of the microdevice, the binding of
the polymer with the target analyte causes a change in the
permittivity of the polymer solution. In alternative embodi-
ments, the suspended element of each of the first microcham-
ber and the second microchamber includes a vibrational ele-
ment, and the binding of the polymer with the target analyte
causes a change in the viscosity of the polymer solution,
which in turn influences the vibration of the vibrational ele-
ment in the first microchamber. The vibration of the vibra-
tional element can be actuable by an external magnetic field.
For example, the vibrational element can include permalloy.

In some embodiments, each of the first microchamber and
the second microchamber further include a top electrode and
a bottom electrode, respectively. The top electrode can be
included in the suspended element, and the bottom electrode
can be included in the substrate. In particular embodiments,
the top electrode can be supported by at least one post formed
from the substrate. In particular embodiments, the top elec-
trode for each of the first microchamber and the second
microchamber can also be perforated.

The disclosed subject matter also provides a microdevice
for monitoring a target analyte in a sample using a polymer
capable of binding to the target analyte. An exemplary
microdevice includes a semi-permeable membrane structure;
a substrate; a microchamber formed between the semi-per-
meable membrane structure and the substrate. The micro-
chamber can be adapted to receive a solution including the
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polymer, and include a suspended element positioned to be
spaced apart from the substrate. The suspended element can
include a perforated electrode, which can be supported on one
or more posts formed from the substrate. The semi-permeable
membrane structure can be permeable to the target analyte
and impermeable to the polymer, such that when the sample
is placed in contact with the semi-permeable membrane
structure, the target analyte, if present in the sample, perme-
ates the semi-permeable membrane and enters the micro-
chamber. The polymer can be prevented from escaping from
the microchamber through the semi-permeable membrane
structure. The microdevice can further include the polymer
solution in the microchamber.

In various embodiments of the disclosed microdevices, the
polymer reversibly binds with the target analyte. The
microdevices can be adapted to be implantable in a subcuta-
neous tissue of a subject, e.g., a mammal or a human subject.
The microdevices can include integrated microheaters and/or
temperature sensors, and can be coupled with a wireless
interface for transmitting signals representing measurement
of the target analyte.

The disclosed subject matter also provides methods of
using such microdevices. In one example, a method includes
loading a solution including a target-analyte sensitive poly-
mer into a first microchamber, and a reference solution into a
second microchamber; placing a sample in contact with a
semi-permeable membrane structure such that a target ana-
lyte in the sample permeates the semi-permeable membrane
structure and enters the first microchamber and the second
microchamber, respectively; and determining a presence and/
or concentration of the target analyte in the sample.

BRIEF DESCRIPTIONS OF THE DRAWINGS

FIGS. 1A and 1B are schematic side views of microdevices
according to some embodiments of the disclosed subject mat-
ter.

FIG. 2 is a schematic top view of a microdevice according
to some embodiments of the disclosed subject matter.

FIG. 3A is a diagram showing the composition of Poly(N-
hydroxyethylacrylamide-ran-3-acrylamidophenylboronic
acid) (PHEA A-ran-PAAPBA), a glucose-sensitive polymer.

FIG. 3B is a plot illustrating the specificity of the polymer
shown in FIG. 3A toward glucose in the presence of other
sugars.

FIGS. 4A-4F are diagrams illustrating a representative fab-
rication process for the microdevice depicted in FIG. 1A. (A)
Bottom electrode deposition. (B) Parylene deposition and
sacrificial layer patterning. (C) Parylene deposition. (D)
Moving electrode deposition and Permalloy electroplating.
(F) Additional parylene layer deposition and aluminum mask
deposition. (F) Sacrificial layer removal and diaphragm
release.

FIGS. 5A-5B are micrographs of (A) a single vibrational
diaphragm and (B) a MEMS differential glucose sensor.

FIG. 6 is an exemplary setup for in-vitro and in-vivo char-
acterization of a MEMS differential glucose sensor.

FIG. 7 is a plot illustrating the response of a MEMS dif-
ferential glucose sensor of the disclosed subject matter to
different glucose concentrations.

FIG. 8 is a plot illustrating the time-dependent vibration
amplitude of a vibrational diaphragm (indicated by the sensor
capacitance) of a MEMS differential glucose sensor of the
disclosed subject matter as glucose concentration changes
from 60 to 90 mg/dL, then back to 60 mg/dL..
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FIG. 9 is a plot depicting a simulation model to character-
ize the glucose diffusion in a MEMS differential glucose
Sensor.

FIG. 10 is a plot showing the simulation result of the
time-dependent glucose concentration on the surface of the
vibrational diaphragm of glucose sensor as modeled in FIG.
9.

FIG. 11 is a plot showing simulated time-dependent glu-
cose concentration on the surface of the vibrational dia-
phragm in response to additional glucose concentration
increases.

FIG. 12 is a plot showing a comparison of the capacitance
output of a MEMS glucose sensor in changing temperature in
single-module and differential measurements.

FIG. 13 is a plot showing a comparison of the capacitance
output of a MEMS glucose sensor when the sensor is exposed
to 90 mg/dL glucose solution for approximately 5 hours.

FIG. 14A is picture showing implanting a MEMS glucose
sensor in a laboratory mouse

FIG. 14B is a plot showing the differential capacitance
change of the MEMS glucose sensor implanted in FIG. 14A
as compared to readings from a commercial glucometer.

FIG. 15 is a plot showing Clarke error grid to assess the
clinical accuracy of the estimated glucose value obtained
from calibrating differential capacitance with reference glu-
cose value.

FIG. 16 1s a schematic of a single-module MEMS dielectric
glucose sensor according to some embodiments of the dis-
closed subject matter.

FIGS. 17A-17F are a diagram depicting a representative
fabrication process of the single-module MEMS dielectric
glucose sensor shown in FIG. 16: (a) Gold layer deposition
and patterning to form a bottom gold electrode, and passiva-
tion of the electrode by Parylene; (b) Sacrificial photoresist
layer deposition and patterning; (c) Parylene deposition and
gold layer deposition and patterning to form a perforated
electrode; (d) Parylene passivation layer deposition; (¢) SU-8
deposition and patterning to form a diaphragm and a micro-
chamber; (f) SU-8 patterning, sacrificial layer removal, and
semi-permeable membrane bonding.

FIG. 18 are a micrograph image of a MEMS dielectric
glucose sensor as fabricated by the process illustrated in
FIGS. 17A-17F before packaging.

FIG. 19 is a diagram showing a representative setup and a
capacitance/voltage transformation circuit for capacitance
measurement of a MEMS dielectric glucose sensor according
to some embodiments of the disclosed subject matter.

FIG. 20 is a plot showing frequency-dependent equivalent
capacitance of a MEMS dielectric glucose sensor in the
absence of glucose.

FIG. 21 is a plot showing the capacitance differences of the
MEMS dielectric glucose sensor at various glucose concen-
trations as compared with the sensor capacitance in the
absence of glucose.

FIG. 22 is a plot showing time-dependent capacitance of
the MEMS dielectric glucose sensor at 100 kHz as the sensor
responded to glucose concentration changes from 60 to 120
mg/dL, which was then reversed to 60 mg/dL.

FIG. 23 is a plot showing the capacitance drift of the
MEMS dielectric glucose sensor at 100 kHz over an extended
time duration as the glucose concentration was held constant
at 60 mg/dL.

FIG. 24 is a plot showing the response of the MEMS
dielectric glucose sensor to glucose free polymer solutions.

FIG. 25 is a plot showing time-dependent capacitance of
the MEMS dielectric glucose sensor for a glucose concentra-
tion change (at 100 kHz).
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FIG. 26 is a plot showing the capacitance drift of the
MEMS dielectric glucose sensor at 100 kHz over an extended
time duration as the glucose concentration was held constant
at 100 mg/dL.

FIGS. 27A-27F are a diagram illustrating a representative
process for fabricating a MEMS differential dielectric glu-
cose sensor depicted in FIG. 1B: (A) Gold layer deposition
and patterning to form bottom gold electrodes, and passiva-
tion of the electrodes by parylene; (B) Sacrificial photoresist
layer deposition and patterning; (C) Parylene deposition and
gold layer deposition and patterning to form perforated elec-
trodes; (D) Parylene passivation layer deposition; (E) SU-8
deposition and patterning to form diaphragms and micro-
chambers; (F) SU-8 patterning, sacrificial layer removal, and
semi-permeable membrane bonding.

FIGS. 28A-28B are images of a differential MEMS glu-
cose sensor according to some embodiments of the disclosed
subject matter: (A) before, and (B) after packaging.

FIG. 29 is a plot showing the frequency responses of the
PHEAA-ran-PAAPBA polymer solution and PAA polymer
solution at 0 mg/dL, glucose concentration when each was
loaded in the sensing chamber of the differential MEMS
glucose sensor of FIG. 28.

FIG. 30 is a plot showing the capacitance change of the
differential MEMS glucose sensor filled with PHEAA-ran-
PAAPBA solution at varying glucose concentration with
respected to the capacitance at 0 mg/dLL glucose concentra-
tion.

FIG. 31 is a plot showing the time-dependent capacitance
of the differential MEMS glucose sensor at 32 kHz as the
sensor responded to glucose concentration changes from 50
to 100 mg/dL, which was then reversed to 50 mg/dL.

FIG. 32 is a plot showing the capacitance of the differential
MEMS glucose sensor in response to a sequence of glucose
concentrations.

FIG. 33 is a plot showing the capacitance of the differential
MEMS glucose sensor as compared to a single module
MEMS glucose sensor over an extended time duration as the
glucose concentration was held constant at 50 mg/dL.

FIG. 34 is a plot showing a comparison of sensor capaci-
tance output in changing temperature in single module and
differential measurements.

FIG. 35A is a picture showing sensor implantation in a
laboratory mouse FIG. 35B is a plot of differential capaci-
tance change of the implanted sensor according to FIG. 35A
during the initialization.

FIGS. 36A-36C are plots for differential sensor capaci-
tance changes as compared to readings from a commercial
glucometer of test subject mouse (A) one, (B) two, and (C)
three.

FIG. 37 is a plot of Clarke error grid to assess the clinical
accuracy of estimated glucose values obtained from calibrat-
ing differential capacitance with reference glucose values.

FIG. 38A is a schematic diagram showing a wireless com-
munication between an implantable sensor and an external
reader according to some embodiments of the disclosed sub-
ject matter.

FIG. 38B is an image showing an external reader and a
wireless interface used in an example of the disclosed subject
matter.

FIG. 39 is a plot showing the results of an example for
testing the basic function of the wireless interface by chang-
ing the dielectrics sandwiched between two electrodes from
air to water.

DETAILED DESCRIPTION

The disclosed subject matter provides for devices and tech-
niques to monitor target analytes. More specifically, the dis-
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closed subject matter provides for MEMS-based sensors and
systems that can be used for continuous analyte monitoring,
including continuous glucose monitoring (CGM). As used in,
the microdevices are also referred to as sensors.

As used herein, the term “analyte” is a broad term and is
used in its ordinary sense and includes, without limitation,
any chemical species the presence or concentration of which
is sought in material sample by the sensors and systems
disclosed herein. For example, the analyte(s) include, but not
are limited to, glucose, ethanol, insulin, water, carbon diox-
ide, blood oxygen, cholesterol, bilirubin, ketones, fatty acids,
lipoproteins, albumin, urea, creatinine, white blood cells, red
blood cells, hemoglobin, oxygenated hemoglobin, carboxy-
hemoglobin, organic molecules, inorganic molecules, phar-
maceuticals, cytochrome, various proteins and chro-
mophores, microcalcifications, electrolytes, sodium,
potassium, chloride, bicarbonate, and hormones. In one
embodiment, the analyte is glucose. In various embodiments,
the analytes can be other metabolites, such as lactate, fatty
acids, cysteines and homocysteines.

As used herein, the term “suspended element” refers to a
thin film structure suspended in the microchamber(s) of the
microdevice. The suspended element can include subparts,
e.g., a thin film electrode, a passivation layer. In some
embodiments, the suspended element includes a magneti-
cally active component that can move in response to an extet-
nal magnetic field.

As used herein, the term “vibrational element” refers to a
mechanical moving part, which is capable of vibrating. The
vibrational element as used in presently disclosed subject
matter includes, but is not limited to, a vibrational diaphragm.
The vibrational element can be, or a part of the suspended
element.

The microdevices of the disclosed subject matter can be
either viscosity-based or permittivity based. FIG. 1A illus-
trates the structure of an example viscosity-based microde-
vice. As shown in FIG. 1A, the microdevice includes a semi-
permeable membrane structure 115, a substrate 110, a first
microchamber 101 (hereinafter also referred to as the sensing
chamber) and a second microchamber 102 (hereinafter also
referred to as the reference chamber). Each of the two micro-
chambers 101 and 102 is formed between the semi-permeable
membrane structure 115 and the substrate 101, and includes a
suspended element 120 and 130, respectively. The first micro-
chamber 101 is adapted to receive a solution 150 including
the polymer, and the second microchamber is adapted to
receive a reference solution 160 for screening effects not
caused by the target analyte.

As shown in FIG. 1A, the two microchambers 101 and 102
are isolated from each other (not fluidically connected), each
sealed by the substrate 110, chamber side walls 103, 104, and
105, respectively. The configuration of the two microcham-
bers can be identical. The semi-permeable membrane struc-
ture 115 can be a continuous semi-permeable membrane that
covers and seals the two microchambers. Alternatively, the
semi-permeable membrane can include two semi-permeable
membrane portions that each covers and seals the sensing
chamber and reference chamber, respectively. The semi-pet-
meable membrane structure is permeable to the target analyte
170 and impermeable to the polymer. Therefore, when the
sample that can contain target analyte 170 is placed in contact
with the semi-permeable membrane structure, the target ana-
lyte 170, if present in the sample, permeates through the
semi-permeable membrane structure 115 and enters the first
microchamber 101 and the second microchamber 102,
respectively.
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The sensing chamber can be loaded with a solution 150 that
includes a polymer, also referred to as the sensing polymer or
target analyte-sensitive polymer hereinafter, that binds with
the analyte. The sensing polymer is prevented from escaping
from the first microchamber through the semi-permeable
membrane structure. The sensing polymer can be biocompat-
ible. In one embodiment, the biocompatible polymer can
reversibly bind to the analyte of interest. The binding between
the polymer and the analyte can result in changes of the
physical characteristics (e.g., the viscosity and/or permittiv-
ity) of the polymer solution, which can be measured to deter-
mine the presence and amount of the analyte in the sample.

For example, when the analyte is glucose, through proper
adjustment of the composition percentage of the boronic acid
moieties on the polymer and polymer concentrations, the
polymer can detect and differentiate glucose from other
monosaccharides and disaccharides. Applying this polymer
to the sensor as disclosed herein can enable highly reliable,
continuous monitoring of glucose in ISF in subcutaneous
tissue.

As noted, the binding between the polymer and the analyte
of interest can be reversible. For example, the binding and
dissociation between the target analyte and the sensing poly-
mer can be an equilibrium phenomenon driven by the con-
centration of the analyte in the sensing chamber. As the ana-
lyte can move freely in and out of the sensing chamber
through the semi-permeable membrane which the polymer
cannot, the amount of the analyte bound with the sensing
polymer depends on the concentration of the analyte in the
sample.

In one embodiment, a suitable polymer having boronic
acid moieties can be formed as a copolymer of at least two
monomers, where one of the monomers includes at least one
boronic acid functional group. A copolymer can be synthe-
sized with these monomers via classic free radical copoly-
merization processes. In various embodiments, a suitable
polymer includes, but is not limited to, a polymer that con-
tains boronic acid groups, or other receptor groups that rec-
ognize the given analytes. In one embodiment, the polymer is
PAA-ran-PAAPBA, which is an amphiphilic copolymer con-
taining two components, hydrophilic polymer segment poly-
acrylamide (PAA) and hydrophobic polymer segment poly
(3-acrylamidophenylboronic acid) (PAAPBA).

A solution of PAA-ran-PAAPBA can undergo a viscosity
change as well as a permittivity change when interacting with
glucose molecules, as discussed in US Patent Application
Publication No. 20120043203, assigned to the common
assignee, the disclosure of which is incorporated herein by
reference in its entirety. In another embodiment, the sensing
polymer is PHEAA-ran-PAAPBA, which is an amphiphilic
copolymer containing two components: PAAPBA and poly
(N-hydroxyethyl acrylamide) (PHEAA). PAAPBA is a
hydrophobic glucose-sensitive component, while PHEAA is
ahydrophilic and nonionic component, and primarily serving
to improve the overall water solubility of the entire copoly-
mer. When added to an aqueous solution of PHEAA-ran-
PAAPBA, similar to PAA-ran-PAAPBA, glucose binds
reversibly to the phenylboronic acid moieties in the PAAPBA
segments to form strong cyclic boronate ester bonds, while
having almost no response to other potential interferents,
such as fructose, galactose, and sucrose.

To screen out effects not caused by the target analyte, for
example, environmental factors such as temperature, the ref-
erence chamber can also be loaded with a solution of another
polymer (the reference polymer). The reference polymer does
not bind with the target analyte. Also, the reference polymer
should not bind with or otherwise react with other substance
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in the sample solution to impact the property of the reference
solution in a similar way as the target analyte impacts the
corresponding property in the sensing polymer solution. The
reference polymer can be selected to have similar hydrophilic
blocks to those in the sensing polymer, but have no phenyl-
boronic acid moieties. For example, glucose-unresponsive
PAA or PHEAA can be used as a reference polymer for
glucose detection. The viscosity of PAA (or PHEAA) solu-
tion is glucose-independent. The analyte-free viscosity of the
sensing polymer solution can be similar to that of the refer-
ence polymer solution.

When the microdevice is viscosity-based, as shown in FIG.
1A, the suspended elements 120 and 130 of the sensing cham-
ber and the reference chamber can each act as a vibrational
diaphragm, which can be actuated by an external alternating
field. The suspended elements (120, 130) each can include
structural elements (121, 131), e.g., made from parylene, for
structural integrity, passivation, and support for other com-
ponents. For example, suspended element 120 and 130 can
each include a magnetically active component 122 and 132,
respectively, e.g., made of a magnetic material such as per-
malloy.

When an alternating electromagnetic field is applied, the
suspended element 120 (as well as 130) can vibrate. The
source of the electromagnetic field. its relative configuration
with the microdevice, and the mechanism in which the vary-
ing electromagnetic field interact with the vibrational dia-
phragm can be as disclosed in US Patent Application Publi-
cation No. 20120043203, or modifications thereof as will be
appreciated by those skilled in the art. Therefore, when the
target analyte binds with the polymer, the viscosity change of
the polymer solution can influence the vibration of the sus-
pended element 120, while the vibration of the suspended
element 130 in the reference chamber will not change. The
vibration of the suspended element 120 can be measured by
the capacitance of a capacitor formed by a top electrode 123
included in the suspended element 120, a bottom electrode
124 formed on the substrate, and an air gap 125 therebetween.

Similarly, the vibration of the suspended element 130 can
be measured by the capacitance of a capacitor formed by atop
electrode 133 included in the suspended element 130, a bot-
tom electrode 134 formed on the substrate, and an air gap 135
therebetween. The top and bottom electrode can be made
from any common materials suitable for use in electrodes,
such as gold, copper, other metals or alloys. By measuring the
difference of the vibrational behaviors, such as magnitude, of
the suspended element 120 and 130, the presence and/or
amount of the analyte in the sample can be determined.

FIG. 1B illustrates the structure of an example permittiv-
ity-based microdevice. The reference numerals in FIG. 1B
represent corresponding elements in FIG. 1A. While similar
to FIG. 1A, the suspended element 120 and 130 each include
openings, or perforations, that allow the polymer solution and
the reference solution to fill the gap between the respective
suspended element and the substrate. In addition, the sus-
pended elements can also be supported by anti-stiction post
(128 and 138) formed from the substrate for structural stabil-
ity. In this manner, the capacitance of the capacitor of formed
between the top electrode 123, bottom electrode 124, and the
polymer solution filled therebetween can be measured to
detect any permittivity change caused by the analyte, and
compared with the permittivity change of the reference solu-
tion. In some embodiments, the device does not include a
reference chamber, and the permittivity change of the sensing
chamber is directly correlated with the analyte presence and/
or concentration.
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Exemplary techniques for fabrication of the devices illus-
trated in FIGS. 1A and 1B will be discussed in further detail
in Example 1 and Example 4.

Semi-permeable membranes are well known in the art. The
semi-permeable membranes suitable for the microdevices of
the disclosed subject matter can be obtained from commercial
sources and selected based on pore sizes or cut-off molecular
weight. In one embodiment, the semi-permeable membrane
is selected to be cellulose acetate.

In certain embodiments, the disclosed subject matter pro-
vides an implantable monitor comprising a MEMS affinity
device as described above coupled with a wireless interface.
The wireless interface can include a capacitance digital con-
verter coupled with the microdevice and adapted to produce a
digital signal representing a measurement of the target ana-
lyteinthe interstitial of the subject; a microcontroller coupled
with the capacitance digital converter; and a transponder
coupled with the microcontroller to transmit the digital signal
received from the capacitance digital converter to an external
reader.

In various embodiments of the disclosed subject matter, the
sensor can be used to determine the level of an analyte in the
body, for example oxygen, lactase, insulin, hormones, cho-
lesterol, medicaments, viruses, or the like. The sensor can use
any known method to provide an output signal indicative of
the concentration of the target analyte. The output signal is
typically a raw data stream that is used to provide a useful
value of the measured analyte concentration. In general,
before the devices is used to detect or monitor a target analyte,
they are first calibrated using samples containing known
amount of the target analyte to obtain correlations between
sensor response (e.g., capacitance readout) and the known
concentration of the calibration sample. Thereafter, in the
monitor of the target analyte, the pre-established correlations
can be used to interpret the output signals of the sensor and
determine the presence and/or concentration of the target
analyte in a test sample.

In certain embodiments of the disclosed subject matter, the
sensor is used to monitor glucose as the target analyte. In
these embodiments, the sensor can measure a concentration
of glucose or a substance indicative of the concentration or
presence of the glucose by using a specific polymer in the
Sensor.

The sensor can also be used for other applications. In
addition to diabetes, the proposed miniature CGM device can
also be used for glucose monitoring for other diseases (e.g.,
glycogen storage disease and hyperinsulinaemic hypoglycae-
mia).

The method can be extended to other metabolites, such as
lactate, fatty acids, cysteines and homocysteines. For
example, in emergency medicine, lactate monitoring can be
used to predict possible organ failure of trauma patients,
organ transplant patients, and patients with other critical con-
ditions.

Further, the methods disclosed herein can be used as a
reliable method for long-term monitoring of metabolites.
Such methods can have great military significance. For
example, a miniature device for glucose detection with fully
electronic readout would have significant applications in pro-
tecting armed forces in the field. It can also provide a platform
to enable the delivery of drug treatments and nutritional
supplements to protect and enhance performance in military
personnel.

Moreover, the disclosed method can be applied to the diag-
nosis of disease. For example, the development of boronic
acid based glucose sensing systems can be extended to other
analytes, such as human viruses and bacteria, since many of
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those microorganisms carry glycoproteins on the exterior
surface that can be targeted by the boronic acid based binding
motifs.

Metabolic monitoring is of great utility to environmental
monitoring. Changes in the concentrations of metabolites are
the precursors and products of enzymatic activity, and can be
associated with biological function and regulation. Metabolic
monitoring hence can be used for environmental monitoring,
e.g., risk assessment of chemicals and diagnosis of diseases in
wild animals. It can also be used as a tool to better understand
the underlying mechanisms of action of toxic compounds in
the environment.

Additional aspects and embodiments of the disclosed sub-
ject matter are illustrated in the following examples, which
are provided for better understanding of the disclosed subject
matter and not limitation. In all the examples, glucose is used
as the target analyte. As such, for convenience, the disclosed
microdevices will be also referred to as glucose sensors.

Example 1

A MEMS Differential Viscometer

Affinity glucose sensors based on viscosity detection using
cantilever or diaphragm based vibrational elements are dis-
closed, e.g., in U.S. Patent Application Publication No.
20120043203. These devices can include a single sensing
element (hence are also referred to as “single-module”
devices herein) that measures glucose-induced viscosity
changes in PAA-ran-PAAPBA polymer solutions. The results
have demonstrated the feasibility of these devices in CGM.
However, requirements for closed-loop temperature control
and minimum environmental disturbances during the sensor
operation can present difficulties for implantable applications
for these sensors, in which the simplicity in device design and
stability in device performance are desired.

Tllustrated herein is a MEMS differential glucose sensor
that can reject undesired common mode interferences
through differential measurements, allowing accurate glu-
cose detection. This sensor includes two magnetically driven
vibrating diaphragms each situated inside a microchamber.
One of the microchambers (the sensing chamber) is filled
with a sensing solution of PHEAA-ran-PAAPBA, while the
other microchamber (reference chamber) contains a refer-
ence solution of PHEAA that does not bind or otherwise react
with glucose or other components of the sample under analy-
sis. As glucose permeates through a semi-permeable mem-
brane into each chamber, the viscosity of the sensing polymer
solution increases due to glucose binding, while the viscosity
of the reference solution only changes with environmental
disturbances. Thus, measurement of the viscosity difference
between the two chambers through differential capacitive
detection of the vibration damping allows determination of
the glucose concentrations while rejecting common mode
disturbances. In-vitro and in-vivo data as described in con-
nection with FIGS. 7, 8, 12-15 demonstrate the value of this
sensor for highly stable subcutaneous CGM applications.

The structure of an example CGM sensor is illustrated in
FIG. 1 (side view). FIG. 2 is a top view of the sensor as
fabricated according to the method disclosed in connection
with FIG. 4. A pair of surface machined freestanding dia-
phragms (120, 130), one situated inside a sensing micro-
chamber 101 (sensing diaphragm 120) while the other inside
a reference microchamber 102 (reference diaphragm 130),
each vibrate under an external AC magnetic field. A top
(moving) electrode (123, 133) is embedded in each of the
diaphragms and is separated from a fixed electrode (124, 134)
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on a substrate below by an air gap, forming a diaphragm
position-sensing capacitor. Magnetically responsive permal-
loy thin-film strips (122, 132) are integrated on each of the
diaphragms (120, 130) and are passivated along with the
moving electrodes to avoid direct contact with the polymer
solution 150 and reference solution 160. The CGM sensor as
depicted in F1G. 2 also includes an inlet 181 and outlet 182 for
introducing and withdrawing the polymer solution, bonding
pads 190 for providing electric connectivity for the elec-
trodes, and etching hole 185 for etching the photoresist, as
will be further described in connection with FIG. 4.

The glucose sensitive polymer PHEAA-ran-PAAPBA uti-
lized in the device is a synthetic polymer that recognizes
glucose by specific affinity binding. Specifically, PHEAA-
ran-PAAPBA is an amphiphilic copolymer containing two
components: PAAPBA and poly(N-hydroxyethyl acryla-
mide) (PHEAA) (FIG. 3A). PAAPBA is a hydrophobic glu-
cose-sensitive component, while PHEAA is a hydrophilic
and nonionic component, and primarily serving to improve
the overall water solubility of the entire copolymer. When
added to an aqueous solution of PHEAA-ran-PAAPBA, glu-
cose binds reversibly to the phenylboronic acid moieties in
the PAAPBA segments to form strong cyclic boronate ester
bonds, resulting in an increase in the viscosity of the solution
(FIG. 3B), while having almost no response to other potential
interferents, such as fructose, galactose, and sucrose. Glu-
cose-unresponsive PAA is used as a reference polymer. The
viscosity of PAA solution is glucose-independent.

To fabricate the device as shown in FIGS. 1A and 2, chrome
(5 nm) and gold (100 nm) were first deposited and patterned
to form two electrodes 424 and 434 (500 umx500 pm) on a
Si0, coated silicon wafer 410 (FIG. 4A), followed by the
deposition of a parylene passivation layer 431 (1 um in thick-
ness). A sacrificial photoresist layer 435 (5 um) was then
spin-coated and patterned to define electrode air gaps (FIG.
4B), followed by the deposition of an additional parylene
layer 437 (1 wm in thickness) (FIG. 4C). A second layer of
chrome (5 nm) and gold (100 nm) were next deposited for the
top electrodes 423 and 433 and Permalloy seed layer. Subse-
quently, defined by a photoresist pattern (5 pm in thickness),
strips of Permalloy 422, 432 (220x35x3 um) were electro-
plated (FIG. 4D). This was followed by removal of the pho-
toresist, patterning of the top electrodes (500x500 um), and
deposition of an additional parylene passivating layer 447 (3
um) and an aluminum mask (458). Eight etching holes (250x
250 pm) were opened through the parylene layers and reac-
tive ion etching to expose the sacrificial photoresist (FIG. 4E),
which was then removed by acetone (80° C.) to release the
diaphragms (520x520 um) (FIG. 4F). These etching holes
were then sealed by epoxy (Devcon Inc.). After wafer dicing
(FIG. 5) and wire bonding, a chip was bonded to an SU-8
sheet (thickness: 80 pm), in which holes (1 mm in diameter)
of appropriate sizes were patterned to define the microcham-
bers (0.06 pL in volume) as well as the inlets and outlets for
the polymer solution handling. This SU-8 sheet was in turn
bonded using epoxy to a regenerated cellulose acetate semi-
permeable membrane (Membrane Filtration Products, Inc.)
with a suitable thickness (for example 20 pm) and a suitable
molecular weight cutoff (e.g., 6000 Da).

Chemicals and reagents used in the example include
PHEAA-ran-PAAPBA and PAA, which were synthesized in
house by free radical polymerization, as described, for
example, in L1 S, et al., “Synthesis and development of poly
(N-hydroxyethyl acrylamide)-ran-3-acrylamidophenylbo-
ronic acid polymer fluid for potential application in affinity
sensing of glucose.” J Diabetes Sci Technol 5:1060-1067
(2011). D-(+)-glucose were purchased from Sigma-Aldrich.
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PBS, pH 7.4, was prepared by diluting a Ringer’s stock solu-
tion (Nasco Inc.) with sterile water (Fisher Scientific) at a
ratio of 1:9.

To prepare the sensing polymer solution, 284 mg of
PHEAA-ran-PAAPBA with an hydroxyethylacrylamide
(HEAA) to AAPBA molar ratio of 20 (or approximately 5%
of PAAPBA content in the polymer) and a molecule weight of
188,600, was dissolved in 6 mL of PBS, while the reference
polymer solution was prepared by dissolving 142 mg of PAA
in PBS (6 mL). Glucose stock solution (1 M) was prepared by
dissolving glucose (180 mg) in PBS to 10 mL. A series of
glucose concentrations (60, 90, 180, 360, and 500 mg/dL)
were prepared by further diluting the stock solution with PBS.

During testing, the microchambers were filled with solu-
tions of PHEAA-ran-PAAPBA and PAA, respectively. To
facilitate in-vitro device characterization, a test cell (volume:
300 ul) was constructed from an acrylic sheet directly above
the MEMS sensor. A glucose solution at a given concentration
was introduced into the test cell, where it was allowed to
permeate through the semi-permeable membrane of the sen-
sor to interact with PHEAA-ran-PAAPBA in the sensing
chamber. Because the volume of the test cell was 5000 times
larger than the microchambers, it was reasonable to assume
that the glucose concentration inside the microchambers
equalized to the given glucose concentration in the test cell
when the glucose permeation reached an equilibrium.

FIG. 6 is an exemplary setup for characterization of the
MEMS differential glucose sensor. The diaphragm vibrations
were excited and measured using the setup in both the in-vitro
and in-vivo tests. A cylindrical magnet 610 attached perpen-
dicularly to the shaft 615 of a brushless DC motor 620 (Ana-
heim Automation) powered by power supply 630. The cylin-
drical magnet 610 can be spun with a maximum rated speed of
4000 RPM. The motor shaft 615 is parallel to the plane of the
MEMS sensor 100 and perpendicular to the Permalloy strips
in the sensor, which were hence subjected to an AC magnetic
field, inducing the vibration of the diaphragms. The average
diaphragm vibration amplitudes were measured by a capaci-
tance digital converter (CDC) 640 which is coupled with the
MEMS sensor 100 and also communicates with a computer
650. The CDC used herein was a Z-A CDC (Analog Devices,
AD7746), which converted the amount of charges on the
sensor electrodes to a capacitance value. The CDC is capable
of measuring a capacitance change of +4 pF with a measure-
ment resolution and accuracy at 4 aF and 4 {F, respectively. To
measure the differential capacitance, the CDC applied an AC
excitation voltage to the fixed electrodes of the sensing and
reference diaphragms, while the moving electrodes in the
diaphragms were connected to the C+ and C- pins of the
CDC, respectively. The capacitances of the sensing and ref-
erence electrodes at rest were 81.5 and 63.5 pF, respectively,
both of which were beyond the measurement range of the
CDC. As aresult, the nominal excitation voltage of the CDC
(3.3 V) was trimmed to accommodate the measurement range
(x4 pF).

The device temperature was uncontrolled throughout the
tests, except for the characterization of device temperature
stability, in which the device was varied among physiological
temperature via closed-loop temperature control. In in-vivo
testing, the sensor was implanted in the subcutaneous tissue
of a sedated mouse whose glucose concentration was con-
trolled by glucose and insulin injections. The implanted glu-
cose sensor continuously measured the glucose level in ISF,
while a commercial glucometer (Freestyle Lite®) sampled
blood sugar levels in the mouse’s tail at specified frequencies.
Sensor Response to Glucose at Physiological Relevant Con-
centrations
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Sensor response to various glucose concentrations was
investigated to characterize the device resolution in glucose
detection. The differential diaphragm vibration was mea-
sured at physiologically relevant glucose concentrations
while the magnet spun at a fixed frequency of 13 Hz. As the
glucose concentration changed from 0 to 500 mg/dL, the
differential capacitance of the device decreased steadily from
28 to 27.4 pF, reflecting a decrease in the difference of the
diaphragm vibration amplitudes and an increase in the vis-
cous damping due to glucose binding with PHEAA-ran-
PAAPBA (FIG. 7). The device resolution is, thus, determined
to be approximately 0.003 mg/dL with a measuring accuracy
of 3.3 mg/dL, which is sufficient for implantable glucose
sensors. In addition, the results exhibit increased time con-
stants at higher glucose concentrations. This can be caused by
the increase in the viscosity of the polymer solution, which
slowed down the glucose diffusion. Sensor capacitance was
also observed to become saturated at high glucose concentra-
tions. As a result the relation between glucose concentrations
and the differential capacitance is nonlinear and can be rep-
resented by a quadratic equation. As the sensitivity of glucose
sensors typically changes afier implantation, the relation
obtained in-vitro is only qualitative for in vivo sensor calibra-
tion. The glucose response of the device has demonstrated
that the device can detect physiologically relevant glucose
concentrations and can be used in implantable glucose moni-
toring.

The sensor was also exposed to glucose solutions whose
concentrations were changed back and forth between two
different values to characterize the device time responses. For
example, glucose concentration was initially allowed to be
equilibrated at 60 mg/dL in the test cell and microchambers.
Next, the solution in the test cell was replaced with another
glucose solution at 90 mg/dL.. When the glucose concentra-
tion inside the microchambers had equilibrated to 90 mg/dL,
the reverse process was initiated, in which the test cell was
refilled with a 60 mg/dL glucose concentration. The process
of solution refilling of the test cell (within 10 seconds) was
sufficiently fast as compared to the glucose concentration
equilibration. During the equilibration processes, the differ-
ential sensor capacitance, at a fixed frequency of 13 Hz, was
measured as a function of time.

The result of the time response measurement is shown in
FIG. 8. As the glucose concentration varies from 60 to 90
mg/dL, the differential sensor capacitance decreases with
time, corresponding to a decrease in the sensing diaphragm
vibration amplitude as well as an increase in the viscous
damping to the diaphragm vibration. The capacitance finally
saturates to a constant level, reflecting that the process of
glucose permeation and binding have reached a dynamic
equilibrium. Considering the glucose concentration change
as a step input, the time constant of system’s step response is
determined to be approximately 1.48 minutes. In the reverse
process, the glucose concentration in the test cell is decreased
from 90 to 60 mg/dL. The sensor capacitance increases with
time, indicating an increase in the vibration amplitude of the
sensing diaphragm due to the reduced viscous damping. The
time constant for the reverse process is approximately 2 min-
utes. The longer reverse time constant could be due to the
smaller diffusivity of glucose molecules in the initially more
viscous polymer solution. Time constants at other glucose
concentrations can be obtained from FIG. 7, in which an
average time constant of approximately 3 minutes is
observed. Note that these time constants compare favorably
with response times of commercially available systems,
which range from 5 to 15 minutes.
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The reversibility of the device response can be obtained by
comparing differences in sensor output between two sepa-
rated measurements at the same glucose concentration. For
example, as shown in FIG. 8, the sensor output varies from
27.642 (averaged between 0 and 7 minutes) to 27.485 pF
(averaged between 12 and 27 minutes) as the glucose con-
centration varies from 60 to 90 mg/dL. The sensor output then
returns to 27.636 pF (averaged between 32 and 36 minutes)
when the glucose concentration is reversed to 60 mg/dL. The
difference between the average sensor outputs over the two
periods with the glucose concentration at 60 mg/dL is only
about 6 {F, or 217 ppm. Note that this reversibility is achieved
without temperature control, and is acceptable for implant-
able applications.

The time constant of the device can be effectively repre-
sented by glucose diffusion time in the sensing microcham-
ber, which can be assessed by a simulation using COMSOL
Multiphysics with a simplified device model as depicted in
FIG. 9 at different initial glucose levels and various glucose
concentration changes. As shown in FIG. 9, a diaphragm
sealed inside a microchamber by a semi-permeable mem-
brane has been considered as a two-dimensional rectangular
region, which contains four walls labeled from 1 to 4. Among
them, wall 1 and wall 4 separated by a distance of 80 pm
represent the membrane and the sensor diaphragm respec-
tively. And wall 2 and wall 3 are considered sidewalls of the
microchamber separated by a distance of 1 mm. The resultant
area represents the microchamber filled with a PHEAA-ran-
PAAPBA polymer solution at various glucose concentra-
tions. The glucose diffusion coefficient in water is selected to
be 7x107' m?/s which can be used to determine other con-
stants in the Einstein-Stokes equation: D,=kgT/(6zmnr),
where D, is the glucose diffusion coefficient. k; is the Bolt-
zmann’s constant. T is the absolute temperature. 1| is the
viscosity of the polymer solution and r is the radius of the
glucose molecule.

Simulated device time responses was first obtained when
the glucose concentration changes from 60 to 90 mg/dL and
then reserves back to 60 mg/dL. In the simulation, the glucose
concentration at wall 1 is fixed at 90 mg/dL, while the rect-
angular region has an initial glucose concentration of 60
mg/dL. In the reverse process, the glucose concentration at
wall 1 is fixed at 60 mg/dL, while the initial glucose concen-
tration in the rectangular region is 90 mg/dL. The time-de-
pendent glucose concentration on wall 4 was obtained as
shown in FIGS. 10 and 11. The time constants for the glucose
increase and decrease processes are 1.67 and 1.99 minutes,
respectively. The simulation results correctly predict the
order of magnitude of the time constants determined from the
test data. In particular, these results indicate that a large time
constant in the reverse process, which is consistent with these
measurements.

The same simplified device model also allows for simula-
tion of the device time responses to other glucose concentra-
tion changes, as have been presented in FIG. 7. The glucose
concentrations in the sensing microchamber are initially at 0,
60, 180, and 360 mg/dL, respectively, and then gradually
approach the glucose concentrations at wall 1 that are corre-
spondingly fixed at 60, 180, 360, and 500 mg/dL, respec-
tively. The time constants of these processes are determined
by simulation to be 1.3, 1.7, 2.3, and 3.3 minutes, respec-
tively, which are consistent with measured results (FIG. 7).

The ability of the device to resist the temperature variations
was also characterized. The temperature of the device was
altered from 34 to 40° C. under a closed-loop controlled
heating system at a fixed glucose concentration of 60 mg/dL.
Both the differential capacitance and single-module capaci-
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tance were obtained (FIG. 12). As the device temperature
changed by 6° C., the differential and the single-module
capacitance changed by 0.8 and 2.72 pF, respectively, indi-
cating that the differential measurements effectively compen-
sated the interference from the temperature variations. The
compensation effect of differential measurements to tem-
perature variations can be only partial, as the sensing and the
reference diaphragm can respond to temperature changes
differently. However, in reality, much smaller and slower
temperature variations can be expected in in-vivo applica-
tions.

The glucose-independent drift in differential and single-
module sensor capacitance was assessed at a fixed glucose
concentration without controlling the temperature. The sen-
sor was exposed to a 60 mg/dL glucose solution over an
extended period about 5 hours (F1G. 13). During this period,
the CDC was programmed to record the differential and the
single-module capacitance alternatively under the same envi-
ronmental conditions (e.g., temperature variations, lighting,
and osmotic pressure). It was observed that the drift in differ-
ential sensor capacitance was significantly smaller than the
single-module capacitance. The differential capacitance of
the sensor changes from 27.24 to 27.23 pF (measured at 0 and
320 minutes respectively), indicating a drift at approximately
1.8 fF/hour, while this value becomes 94 fF/hour in the single-
module measurements. The large drift in the single-module
measurements is probably caused by the temperature varia-
tions and osmotic pressure, which are largely compensated in
the differential measurements. These results demonstrate that
this differential device is capable of compensating for envi-
ronmental disturbances and providing excellent stability,
which is ideal for long-term implantable CGM.

In-vivo characterization of the device was performed with
a laboratory mouse. The glucose sensor was implanted in the
subcutaneously tissue of a sedated lab mouse to measure the
glucose concentration in ISF continuously (FIG. 14A), while
a commercial glucometer sampled the glucose level in the
capillary blood from the tail tip of the mouse every 10 minutes
after glucose injection and every 5 minutes after insulin inter-
vention. FIG. 14B shows the measurement data, which are
given in terms of the change of the differential capacitance,
calculated with respect to the value at the time of the first
glucometer reading. It can be seen that this device output
closely follows the commercial glucometer readings as the
mouse’s blood sugar levels vary over a 3-hour period. This
result indicates consistency between the sensor output and the
glucometer reading, and supports use of this glucose sensor
for long-term CGM.

The differential sensor capacitance (C,,,) was calibrated to
obtain estimated blood glucose values (G,). A quadratic
equation was used to represent the relation between C,,,, and
ISF glucose concentrations (G,). Here, G, can be expressed
by C,,, as

G,=aC, 2+bC, Ac

ey
wherea, b, and ¢ are constants that can be determined from G,
and C,_,,,. Due to the mass transfer of glucose, a physiological
time lag of the concentrations between the ISF glucose and
the blood glucose exists. The kinetics of glucose concentra-
tions in blood (G, ) and ISF (G,) can be expressed as

dGy/di=—(koxtk ) Gotho Vi/V5 Gy (2)

wherek , is the flux rate for forward glucose transport across
capillaries and k,, is the flux rate for reverse glucose transport
across capillaries. k, is the glucose uptake into subcutaneous
tissues. V, and V, are volumes of the blood and the ISF
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respectively. k,, k5, koo, V,, and V, are all constants. The
combination of equation (1) and (2) yields

Gi=a,C,, +a>C,, AaydC, 2ldtra,dC,, Jdi+a, 3)
where a,, a,, a,, a,, and a5 are constants that can be deter-
mined by partial least squares fitting using six blood glucose
values (G,) from glucometer and their corresponding C_,,
from the implanted sensor. After the determination of a;, a,,
a,, a,, and as, the estimated glucose value G, can be obtained
using equation (3) with the known a,, a,, a;, a,, a5, and C,,..

The clinical accuracy of the G, as compared to G, can be
quantified using a Clarke error grid, which has been divided
into several zones (e.g., A, B, C, D, and E) to represent
different levels of accuracy. For example, if a point falls into
Zone A or Zone B, the measurement is either clinically accu-
rate or clinically acceptable. In contrast, if a point falls into
another zone, then that the measurement might lead to prob-
lems, such as overcorrection, dangerous failure, and errone-
ousness. In these measurements, all points in the Clarke error
grid exclusively fall into Zone A (95.3%) and Zone B (4.7%),
while no point falls into other zones (FIG. 15). These results
indicate a good clinical accuracy of the measurements, show-
ing a great promise to apply this affinity sensor for long-term
in-vivo glucose monitoring.

The results as described in connection with FIGS. 7-15 in
this Example establish that the sensor experienced a decrease
in the differential capacitance of approximately 0.6 pF when
the glucose concentration increased from 0 to 500 mg/dL.
The time constant of the sensor was approximately 1.48 min-
utes during a glucose concentration change from 60 to 90
mg/dL. The sensor also exhibited excellent reversibility; the
differential capacitance of the sensor measured at two sepa-
rated measurements at 60 mg/dl. glucose concentration
agreed within 99.97%.

In addition, by varying the device temperature from 34 to
40° C. at a glucose concentration of 60 mg/dL, the differential
capacitance changed by 0.8 pF, which is at least three times
smaller than the change in the single-module capacitance,
indicating the sensor’s ability in resisting temperature varia-
tions. By exposing the sensor to a 60 mg/dL glucose concen-
tration for an extended measurement period of 5 hours, the
differential sensor output exhibited low drift (1.8 fF/h), which
is appropriate for long-term, stable CGM. Moreover, the
results as described in connection with FIGS. 14-15 indicate
that the sensor output closely follows blood glucose concen-
trations in laboratory mice as measured by a commercial
glucometer. Clarke error grid analysis using the calibrated
in-vivo sensor data (FIG. 15) have demonstrated the clinically
accuracy of the sensor measurements.

Example 2
A Dielectric Affinity Sensor

U.S. Patent Application Publication No. 20120043203 dis-
closes a dielectric CGM sensor that has no moving structure,
and thus can be stable in face of environmental disturbances.
In this example, a dielectric glucose sensor with a perforated
electrode is described. The change in permittivity in the poly-
mer solution as a result of glucose-polymer binding can be
measured from the capacitance of the capacitor formed
between the electrodes. Results from in-vitro characteriza-
tion of this sensor as described in FIGS. 20-26 demonstrate
that this dielectric sensor can be useful in CGM.

FIG. 16 shows a schematic diagram of a single-module
MEMS dielectric glucose sensor used in this Example. The
sensor includes a microchamber 1601 filled with a glucose-
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sensitive polymer solution 1650 and sealed by a semi-perme-
able membrane 1615. A perforated electrode 1623 embedded
in a diaphragm 1630 is separated from a bottom electrode
1624 (which also can be perforated) on a substrate 1610
below by the polymer solution 1650. Environmental glucose
1670 that permeates through the semi-permeable membrane
binds with the polymer and changes the permittivity of the
polymer solution. As the polymer solution can permeate
through the top perforated electrode 1624, it can fill the gap
between the perforated electrode 1624 and substrate 1610.
The anti-stiction posts 1638 can support the diaphragm 1630
and prevent the diaphragm from collapsing while providing
additional resistance to environmental disturbances (e.g.,
shock, vibration, etc.)

The perforated electrode 1623 embedded in the diaphragm
1630 forms a parallel plate capacitor with the passivated
bottom electrode 1624 on the substrate. The glucose-sensitive
polymer used here was PAA-ran-PAAPBA, which interacts
with glucose by specific affinity binding as described in U.S.
Patent Application Publication No. 20120043203. In brief,
when added to an aqueous solution of PAA-ran-PAAPBA,
glucose binds reversibly to phenylboronic acid moieties in
AAPBA segments to form strong cyclic boronate ester bonds,
resulting in a change in the permittivity of the dielectric
solution as well as a change in the sensor capacitance.

In an electric field, a number of polarization mechanisms
contribute to the permittivity of the polymer solution as well
as the measured sensor capacitance. These polarization
effects are time-dependent in a harmonic electric field, and
are influenced by the polymer molecular structure. The solu-
tion of PAA-ran-PAAPBA can undergo a molecular structure
change when the polymer binds to the glucose. Thus, at a
given frequency, the permittivity can change, which can be
measured to determine the glucose concentration. The per-
mittivity of the polymer solution is a complex and can be
written as €*=C'-1€", in which the capacitive component €'
represents the ability of the polymer solution to store the
energy from the electric field, while the resistive component
€" 1s related to energy loss. As €" 1s directly proportional to
the device capacitance (C,), any changes in € can be deter-
mined from capacitance measurements.

The fabrication of the device started with deposition and
patterning of a thin film gold layer to form a bottom electrode
(I mmx1 mmx100 nm) as well as a resistive temperature
sensor on a Si0, 1711 coated silicon substrate 1710 (FIG.
17A). A parylene passivating layer 1731 (1 pm in thickness)
was then deposited by chemical vapor deposition. Following
the spin-coating and patterning of a sacrificial photoresist
layer 1735 (3 um in thickness) (FIG. 17B), an additional
parylene layer 1737 (1.5 um in thickness) was deposited. A
gold layer was further deposited and patterned to form a
perforated electrode 1733 (FIG. 17C), which was then passi-
vated by another parylene layer 1738 (3 um in thickness)
(FIG. 17D) and a patterned SU-8 reinforcement layer 1739
(20 um in thickness) (FIG. 17E), resulting in nine anti-stiction
posts 1748 with diameters of 50 um. A SU-8 layer 80 pm in
thickness was finally spin-coated and patterned to form
microchamber wall 1733 as well as an inlet and an outlet for
polymer solution handling. The two successively coated
SU-8 layers also acted as a mask for patterning of the under-
neath parylene layers by reactive ion etching to expose the
sacrificial photoresist layer, resulting in a diaphragm with
holes for glucose diffusion. The diaphragm was at last
released by removal of the sacrificial layer in a photoresist
stripper. A cellulose acetate semi-permeable membrane 1715
(Membrane Filtration Products, Inc) was in turn glued onto
the microchamber 1701 (FIG. 17F) by epoxy (Decvon Inc).

10

15

20

25

30

35

40

45

50

55

60

65

18

The sensor was encapsulated into an acrylic test cell with a
total volume of approximately 1 mL. FIG. 18 shows images
of the sensor before packaging.

The PAA-ran-PAAPBA polymer was synthesized in house
by free radical polymerization (see S. Liet al., “Development
of Novel Glucose Sensing Fluids with Potential Application
to Microelectromechanical Systems-Based Continuous Glu-
cose Monitoring,” Journal of Diabetes Science and Technol-
ogy, 2: 1066-1074, (2008); S. Li, et al., “Development of
Boronic Acid Grafted Random Copolymer Sensing Fluid for
Continuous Glucose Monitoring,” Biomacromolecules, 10:
113-118, (2008)). To prepare the polymer solution, 284 mg of
PAA-ran-PAAPBA, with an AA to AAPBA molar ratio of 20
(or approximately 5% PAAPBA content in the polymer) and
a molecule weight of 170,700, was dissolved in 6 mL of
phosphate buffer saline (PBS). The PBS buffer, pH 7.4, was
prepared by diluting a Ringer’s stock solution (Nasco) with
sterile water (Fisher Scientific) ataratio of 1:9. D-(+)-glucose
was purchased from Sigma-Aldrich. Glucose stock solution
(1 M) was prepared by dissolving glucose (1.8 g)in PBS to 10
mL. A series of glucose solutions (30 mg/dL, 60 mg/dL, 90
mg/dL, 120 mg/dL, 240 mg/dL, and 480 mg/dL) were pre-
pared by further diluting the stock solution with PBS.

The microsensor was characterized using the setup shown
in FIG. 19. In FIG. 19, the MEMS sensor 100 was integrated
into a capacitance/voltage transformation circuit driven by a
sinusoidal input from a function generator 1910 (Agilent,
33220A). The sensor is also coupled with a multimeter 1920
for outputting measurement result. The temperature of the
polymer solution in the MEMS sensor 100 was maintained at
37° C. via closed-loop control by a Peltier heater 1970 (Mel-
cor, CP14) powered by power supply 1930. The voltage of the
Peltier heater 1970 is also controlled according to the feed-
back from the on-chip temperature sensor. Further details of
FIG. 19 can be found in X. Huang, et al., “A Dielectric
Affinity Microbiosensor,” Appl. Phys. Lett., 96: 033701-
033703, (2010). All tests were conducted at frequencies
below 100 kHz as allowed by a lock-in amplifier 1950 (Stan-
ford Research Systems, SR830), which measured the ampli-
tude and the phase shift of the output voltage from the circuit,
and communicates with the computer 1940. The equivalent
capacitance (C,) that is directly related to the polymer per-
mittivity was determined from the circuit outputs when the
MEMS sensor 100 and a reference capacitance 1980 (C) are
in turn coupled into the circuit by switching T between posi-
tion S and R.

The device glucose response was measured under an
E-field at arange of driving frequencies. The device’s equiva-
lent capacitance as a function of frequency for the glucose-
free PAA-ran-PAAPBA polymer solution was first obtained.
As shown in FIG. 20, the sensor capacitance decreases con-
sistently with the frequencies due to the frequency-dependent
dielectric relaxation of the polymer. In addition, a rapid
decrease of sensor capacitance from 72.7 to 20 pF was also
observed with the frequency changed from 5 to 20 kHz. This
can be attributed to interfacial polarization, which typically
dominates at low frequency. By exposing the device to vari-
ous glucose concentrations ranging from 30 to 480 mg/dL,
the sensor capacitance decreases with increasing glucose
concentrations at all measured frequencies (FIG. 21). For
example, at 100 kHz frequency, the sensor capacitance
decreases by 0.3 pF at 480 mg/dl with respected to the sensor
capacitance in the glucose-free polymer solution. These
results suggest that the glucose concentration can be deter-
mined through permittivity measurement at a fixed frequency
(e.g., 100 kHz).
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The glucose-dependent permittivity or capacitance
changes of the device can be attributed to a number of polar-
ization mechanisms, such as electronic polarization, ionic
polarization, dipolar reorientation, counterion polarization,
and interfacial polarization. First, the electronic polarization
and the ionic polarization are referred to the distortion of
electron cloud and displacement of ions in the applied E-field,
respectively. Second, the dipolar reorientation involves align-
ment with the applied E-field of permanent dipoles, which,
for PAA-ran-PAAPBA, can include AAPBA and AA seg-
ments rigidly attached to the polymer backbone. Third, in the
counterion polarization, appending groups of PAA-ran-
PAAPBA are negatively charged, and cations (e.g., Na*, K*,
and H,O") are attracted to form a counterion cloud. Under the
E-field, the counterions migrate unevenly within the cloud to
contribute a net dipole moment.

The interfacial polarization involves dipole moments due
to electrical double layers formed at the interfaces ofthe ionic
buffer with polymer molecules (i.e., Maxwell-Wagner-Sillars
polarization) as well as the passivated electrode surfaces
(electrode polarization). Theseinterfacial polarization effects
dominate the low-frequency regions, and are generally exhib-
ited as a sharp decline of permittivity with increasing frequen-
cies. The relaxation frequency of electronic and ionic polar-
ization is on the order of 1 THz, and interfacial polarization is
on the order of 1 GHz, while those of dipole reorientation and
counterion polarization are on the order of a few kHz to a few
tens of kHz. Thus, all of these polarization mechanisms can
be significant for the polymer, and the relaxation behavior
apparent from the rapid drop of the measured capacitance at
frequencies lower than 20kHz (FIG. 20) can be mainly due to
the interfacial polarization.

At the above measurement frequencies, the polarization
behavior of PAA-ran-PAAPBA is influenced by glucose
binding. As AAPBA segments bind with glucose at a two to
one ratio to form cyclic esters of boronic acid by eliminating
two hydroxyl groups. This can cause a decrease of net per-
manent dipole moments, thereby reducing the energy storage
ability of the polymer solution as well as the capacitive com-
ponent (€') in the permittivity. Furthermore, glucose binding
can lead to variations in the net charge of polymer segments as
well as changes in the polymer conformations, which would
alter the electric double layer structure and result in changes
in Maxwell-Wagner-Sillars and counterion polarization.
Moreover, the crosslinking of polymer after glucose binding
can increase the elastic resistance of the permanent dipoles in
polymer to alignment with the E-field, leading to a decrease in
€'. The combination of these effects explains that at a given
frequency, the measured sensor capacitance decreased with
glucose concentrations (FIG. 21).

To characterize the device time response, the glucose con-
centration was allowed to be equilibrated at 60 mg/dL. in the
test cell and the microchamber. Next, the solution in the test
cell was replaced with another glucose solution at 120 mg/dL.
When the glucose concentration inside the sensor chamber
had equilibrated to 120 mg/dL,, the reverse process was initi-
ated, in which the test cell was refilled with a glucose solution
at 60 mg/dL. again. The process of glucose sample introduc-
tion was typically within a few seconds, which was suffi-
ciently fast when compared with the time for the glucose
concentration equilibration. Throughout this concentration
equilibrium process, an AC voltage of a fixed frequency of
100kHz was applied to the sensor, and the sensor capacitance
changes at this frequency were obtained.

From the data (F1G. 22), it can be seen that as the glucose
concentration varies from 60 to 120 mg/dL, the sensor capaci-
tance decreases with time, corresponding to a decrease in the
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permittivity of the polymer solution due to glucose binding.
The sensor capacitance finally saturates to a constant level,
reflecting that the process of glucose permeation and binding
have reached a dynamic equilibrium. Assume that the glucose
concentration change as a step input, the time constant of the
device represents the time it takes the system’s step response
to reach 63.2% of its final value. The time constants for the
forward and reverse processes are approximately 2.49 and
3.08 minutes respectively. The longer reverse time constant
could be due to the smaller diffusivity of glucose molecules in
the initially more viscous polymer solution and have been
confirmed by the simulation in Example 1.

The reversibility of the device response can be obtained by
comparing differences in sensor output between two sepa-
rated measurements at the same glucose concentration. For
example, as shown in FIG. 22, the sensor capacitance at 60
mg/dL glucose concentration varies from 11.951 (averaged
over the period between 0 and 5 minutes) to 11.952 pF (aver-
aged over the period between 26 and 31 minutes). The differ-
ence between the average sensor outputs over the two periods
with the glucose concentration at 60 mg/dL. is only about 1 {F,
indicating that the sensor possesses excellent reversibility
with respect to glucose concentration variations.

The drift of the device was investigated by exposing it to a
constant glucose concentration (60 mg/dL) over an extended
measurement period. The sensor capacitance at 100 kHz is
shown in FIG. 23. It can be seen that the sensor capacitance is
steady at 11.955 pF over a period of about 4 hours with slight
drift. The low drift demonstrates that the device can offer
highly stable measurements for long-term continuous glu-
cose monitoring. However, some fluctuations during the mea-
surement were also observed, which can be explained as the
environmental disturbances, such as shocks, vibrations, and
human activities, which randomly appear in the testing envi-
ronment.

Example 3
Another Dielectric Affinity Sensor

In this example, the affinity sensor discussed in Example 2
is used, except that the polymer in the sensing chamber was
changed to poly(N-hydroxyethyl acrylamide)-ran-3-acryla-
midophenylboromc acid (PHEAA-ran-PAAPBA). Similar
studies were performed on the frequency dependence of the
sensor response, time response and drift of the sensor. FIG. 24
shows that in the absence of glucose, the sensor capacitance
decreased monotonically from 0.5 to 20 kHz, and then
increased slowly at higher frequencies where orientational
polarization was significant. FIG. 25 shows the sensor’s time
response assessed at a fixed frequency of 100 kHz. In
response to a step glucose concentration change from 50 to
100 mg/dL, the sensor showed a time constant of 4.7 minutes,
which is acceptable for CGM and further improvable by
optimizing the sensor geometry. The drift of the sensor over
time is very small, as shown in FIG. 26.

Example 4
A Differential Dielectric Affinity Sensor

In Examples 2-3, glucose sensors based on permittivity
detection are discussed. Each of these devices contains a
single sensing element that measures the glucose-induced
permittivity changes in the polymer solutions. The results
demonstrate the use of these devices in long-term and stable
CGM. However, as the dielectric property of polymer solu-
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tions is very sensitive to disturbances, these dielectric sensors
require closed-loop temperature control to maintain the
device temperature, and exhibit limited resistance to environ-
mental interferences. As a result, noticeable fluctuations of
the sensor signal can be observed in the drift measurement
(FIG. 23).

Differential sensing has been successfully applied in the
development of the viscometric glucose sensor, as illustrated
in Example 1, which shows an improved stability in face of
common mode disturbances. In this example, a MEMS dif-
ferential dielectric sensor having two microchambers utiliz-
ing permittivity measurement is discussed. The glucose con-
centration can be determined from the permittivity difference
between the sensing and the reference solutions, which is
measured as the differential capacitance. The test results in
this example as described in connection with FIGS. 29-37
demonstrate that the sensor allows sensitive and specific
detection of glucose at physiologically relevant concentra-
tions with improved stability to external interferences, show-
ing a great promise to apply the differential dielectric sensor
for fully implantable, long-term CGM.

The structure of this sensor is depicted in FIG. 1B. In brief,
this sensor includes a pair of perforated electrodes (123, 133)
situated inside a sensing microchamber 101 and a reference
microchamber 102, respectively. The sensing chamber 101
contains a solution of a glucose sensitive polymer 160, while
the reference chamber 102 is filled with a solution of a refer-
ence polymer 160 that is not responsive to glucose. The
microchambers 101 and 102 are sealed with a semi-perme-
able membrane, which prevents the polymers from escaping
from the microchambers, while allowing environmental glu-
cose to diffuse through. The perforated electrodes (123, 133)
are embedded in suspended diaphragms (120, 130) that are
supported by arrays of anti-stiction posts (128, 138). These
posts prevent the diaphragms from collapsing, while offering
additional support for the diaphragms from environmental
disturbances. Each of the perforated electrodes is separated
from a bottom electrode (124, 134) by a gap that is also filled
with the sensing polymer solution 150 or the reference poly-
mer solution 160, resulting in a capacitor with the polymer
solution as dielectrics. As glucose permeates through the
semi-permeable membrane into each chamber, the permittiv-
ity of the sensing polymer solution is changed due to glucose
binding, while the permittivity of the reference solution is
unchanged due to a lack of glucose binding. The permittivity
difference between the sensing and the reference solution can
be determined from differential capacitance, which also
allows determination of the glucose concentrations while
rejecting permittivity changes caused by environmental fluc-
tuations. The differential sensor uses PHEAA-ran-PAAPBA
as glucose sensitive polymer, and PAA as a reference poly-
mer, same as described in Example 1.

The procedure to fabricate the differential sensor in this
exampleis schematically shown in FIGS. 27A-27F, which are
similar to FIGS. 17A-17F (which are for single-module sen-
sor). A thin film gold layer was deposited and patterned to
form bottom electrodes 2724 (1 mmx1 mmx100 nm) as well
as resistive temperature sensors o a silicon substrate 2710
coated with silicon oxide 2711 (FIG. 27A). A parylene pas-
sivating layer 2731 (1 um in thickness) was then deposited by
chemical vapor deposition. Following the spin-coating and
patterning of a 5 pum sacrificial photoresist layer 2735 (FIG.
27B), an additional parylene layer 2737 (1.5 um in thickness)
was deposited. A gold layer was further deposited and pat-
terned to form top perforated electrodes 2733 (FIG. 27C),
which was then passivated by another parylene layer 2738 (3
um in thickness) (FIG. 27D) and a succeeding SU-8 rein-
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forcement layer 2739 (20 um in thickness) (FIG. 27E), result-
ing in nine anti-stiction posts 2748 with diameters of 50 pm
for each perforated electrode. A SU-8 layer 80 um in thick-
ness was finally spin-coated and patterned to form micro-
chamber walls as well as inlets and outlets for polymer solu-
tion handling. The two successively coated SU-8 layers also
acted as a mask to pattern the underneath parylene layers by
reactive ion etching to expose the sacrificial photoresist layer
and form diaphragms with holes for glucose diffusion. The
diaphragms were released by the removal of sacrificial layer
in photoresist stripper. A CA semi-permeable membrane
2715 (Membrane Filtration Products, Inc) was in turn glued
onto the two microchambers 2701 and 2702 by epoxy
(Decvon Inc) (FIG. 27F). The differential sensor was encap-
sulated into an acrylic chamber with a total volume of
approximately 1 mL. FIG. 28 shows images of the sensor
before and after packaging.

Two setups were used to characterize the device. First, a
capacitance/voltage converter circuit similar to what is
depicted in FIG. 19 was used to measure the frequency
response of both the sensing and the reference polymer. Spe-
cifically, this circuit measures the single-module capacitance
of the sensing or the reference electrodes under an AC E-filed
with an amplitude of 10 mV and a frequency varied from 0.5
to 100kHz. The amplitude and the phase of the output voltage
from the circuit are captured by a lock-in-amplifier (SR830)
to calculate the sensor capacitance using previously reported
equations. This setup is further simplified using an 2-A CDC
(Analog Devices, AD7746), which converts the amount of
charges on the capacitive sensor electrodes to a capacitance
value. This CDC processes a measurement capacity of +4 pF
in capacitance changes with a resolution at 4 aF and an accu-
racy at 4 {F. To measure the differential capacitance, the CDC
applies a square wave at a frequency of 32 kHz to the bottom
electrodes, while the perforated electrodes are connected to
capacitance measurement pins of the CDC. The initial capaci-
tances of the sensing and the reference electrodes were deter-
mined to be 57.8 and 19.2 pF, respectively, which were
beyond the measurement range of CDC. Thus the effective
excitation voltage from the CDC was trimmed from a desig-
nated value of 3.3 V to an appropriate value to accommodate
the measurement range. The CDC can be programmed to
obtain either the capacitance difference of the sensing and the
reference electrodes or the single-module capacitance solely
from the sensing electrode.

Chemicals and reagents used in the this example include
PHEAA-ran-PAAPBA, which was synthesized in house by
free radical polymerization with an HEAA to AAPBA molar
ratio of 20 (or approximately 5% PAAPBA content in the
polymer) and a molecule weight of 188600. PAA was also
synthesized by a similar process as PHEAA-ran-PAAPBA
using acrylamide monomer. D-(+)-glucose was purchased
from Sigma-Aldrich. PBS, pH 7.4, was prepared by diluting
a Ringer’s stock solution (Nasco) with sterile water (Fisher
Scientific) at a ratio of 1:9. PHEAA-ran-PAAPBA (284 mg)
and PAA (142 mg) were dissolved in PBS (6 mL) to obtain a
sensing and a reference solution, respectively. Glucose stock
solution (1 M) was prepared by dissolving glucose (180 mg)
in PBS to 10 mL. A series of glucose concentrations (50, 100,
200, 300, 400, and 500 mg/dL) were prepared by further
diluting the stock solution with PBS.

Both in-vitro and in-vivo testing was performed to charac-
terize the device. First, the frequency responses of the elec-
trodes with glucose-free sensing and reference solutions were
characterized using the capacitance/voltage converter circuit.
In addition, the frequency responses of the sensing polymer at
selected glucose concentrations were also obtained. The time
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responses of the sensor upon glucose concentration changes
were then obtained using the CDC, which was also used for
all the following tests.

The frequency responses of the sensing and the reference
electrodes to the E-field with a frequency from 0.5 to 100 kHz
were obtained using the capacitance/voltage converter cit-
cuit. As shown in FIG. 30, when the polymer solutions con-
tained no glucose, the frequency responses of the sensing and
the reference electrodes, which are represented as the capaci-
tances, decrease consistently from 0.5 to 20 kHz and after-
wards undergo slow increases. The abnormally decreases of
the electrode capacitances at low frequencies could be attrib-
uted to effects of electrode polarization and Maxwell-Wag-
ner-Sillars polarization, which typically happen between the
interface of two different media and are exhibited as a rapid
decrease of permittivity at low frequencies.

The capacitance changes in the sensing electrodes after the
binding between glucose and the polymer were also obtained
at selected glucose concentrations from 50 to 200 mg/dL. As
shown in FIG. 30, the electrode capacitance decreases with
increasing glucose concentrations after 10 kHz. In contrast, at
frequencies between 0.5 and 10 kHz, the capacitance
increases with glucose concentrations. These frequency-de-
pendent sensor responses suggest that the glucose-induced
permittivity change through capacitance can be measured at a
fixed excitation frequency.

At the measurement frequencies (lower than 100 kHz), a
number of polarization mechanisms, such as electronic polar-
ization, ionic polarization, orientational polarization, and
interfacial polarization, can contribute to the measured elec-
trode capacitances. The binding between glucose and
PHEAA-ran-PAAPBA can involves complex dielectric
changes. However, conjectural causes of the glucose-depen-
dent capacitance changes observed in FIG. 30 can occur as
follows. First, when glucose permeates through the semi-
permeable membrane, it interacts with AAPBA segments in
PHEAA-ran-PAAPBA at a two to one ratio to form cyclic
ester of boronic acid, resulting in the elimination of two
hydroxyl groups. This can cause a decrease of the net perma-
nent dipole moments in the polymer solution, thereby reduc-
ing the ability of the polymer solution in energy storage and
thus the permittivity. Second, glucose binding can lead to
variations in the net charge of polymer segments as well as in
the polymer conformations, which would alter the electric
double layer structure and result in changes in Maxwell-
Wagner-Sillars and counterion polarization. Moreover, the
crosslinking of polymer after glucose binding can increase
the viscoelastic resistance of the permanent dipoles on the
polymer backbone to alignment with the E-field, leading to a
decrease in the permittivity. As a result, the electrode capaci-
tance exhibited a decrease with glucose concentrations at
most of measured frequencies in FIG. 30. Although the under-
ling cause of the crossover of electrode capacitances at a
frequency about 10 kHz requires further investigation, it can
be possible due to the glucose-induced changes in the inter-
facial polarization effect.

Time-resolved measurements of the differential capaci-
tance in response to glucose concentration changes were also
performed, which allowed for assess the time responses and
reversibility of the sensor. For example, the glucose concen-
tration was initially allowed to be equilibrated at 50 mg/dL in
the test cell and the microchambers. Next, the solution in the
test cell was replaced with another glucose solution at 100
mg/dL. When the glucose concentration inside the micro-
chambers had equilibrated to 100 mg/dL, the reverse process
was initiated, in which the test cell was refilled with a glucose
solution at 50 mg/dL. The process of solution refilling of the
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test cell lasted about 10 s, which was sufficiently fast when
compared with the glucose concentration equilibration.

From the 1 data (FIG. 31), it can be seen that, as the glucose
concentration varies from 50 to 100 mg/dL, the differential
sensor capacitance decreases with time, corresponding to a
decrease in the permittivity of the polymer solution. The
capacitance finally saturates to a constant level, reflecting that
the process of glucose permeation and binding has reached a
dynamic equilibrium. The time constant of this process was
approximately 2.6 minutes. In the reverse process, the glu-
cose corcentration in the test cell decreased from 100 to 50
mg/dL. The capacitance increases with time due to an
increase of the permittivity of the sensing polymer solution.
The time constant of the reverse process was approximately
3.8 minutes. The longer time constant of the reverse process
can be due to the smaller diffusivity of glucose molecules in
the initially more viscous polymer solution. Note that these
time constants are comparable with the response times of
commercial systems, which range from 5 to 15 minutes, and
can be further improved by shortening the distance between
the semi-permeable membrane and the electrodes.

The reversibility of the device responses can be obtained by
comparing differences in sensor outputs between two sepa-
rated measurements at the same glucose concentration. For
example, as shown in FIG. 31, the differential sensor capaci-
tance varies from 38.633 (averaged over the period between 6
and 11 minutes) to 38.626 pF (averaged over the period
between 40 and 50 minutes). The difference between the
differential capacitance over the two periods is about 7 {F or
180 ppm. This reversibility was achieved without delicate
temperature control as the single-module dielectric sensors,
butsolely depended on differential measurements to compen-
sate for the environmental disturbances, indicating that the
differential dielectric sensor can be applied for long-term,
implantable CGM.

The glucose response of the sensor was further assessed by
sequentially exposing the device to physiologically relevant
glucose concentrations from 50 to 500 mg/dL. The measure-
ment started with glucose-free sensing and reference polymer
solutions. After the differential capacitance became stable,
glucose solutions at escalated concentrations were quickly
introduced into the test cell of the sensor. From FIG. 32, the
sensor capacitance decreases steadily with the glucose con-
centration from 38.88 to 37.74 pF, indicating a measurement
resolution of 0.002 mg/dL, with an accuracy of 1.75 mg/dL.
The differential capacitance was observed to have the ten-
dency to become saturated at higher glucose concentrations.
This indicates that the relationships between differential sen-
sor capacitances and glucose concentrations are nonlinear,
and can be represented by a quadratic equation, which is
useful in the in-vivo sensor calibration.

The drift of the sensor output was investigated by exposing
the sensor to 50 mg/dL glucose solution over a long period.
During this period, the CDC was continuously switched
between the differential and the single-module measure-
ments. From FIG. 33, the differential capacitance is steady at
38.62 pfover a period about 4 h. In contrast, a significant drift
about 0.2 pF/h is observed in the single-module capacitance,
which varies from 57.68 to 56.9 pF. The drift in the single
module measurement is possibly due to environmental varia-
tions and osmotic pressure, which have been mostly compen-
sated by the differential measurement. These results indicate
that the differential measurement effectively resists the drift
in the sensor output and exhibits excellent stability that is
suitable for long-term CGM.

The sensor stability in face of sudden temperature varia-
tions was obtained in both differential and single-module
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measurements to demonstrate the ability of the sensor in
rejecting temperature fluctuations, which generally exist in
in-vivo environments. To simulate the actual implantation
environment, the temperature of the device was altered
among physiological temperatures under a closed-loop con-
trolled heating system. As can be seen from FIG. 34, the
differential sensor capacitance has significantly less change
and thus, better temperature stability as compared with the
single-module capacitance. As the device temperature is
changed from 35 to 40° C., the differential capacitance
changes by 0.15 pF, corresponding to a 1.3 pF change in the
single-module capacitance. This result indicates that differ-
ential measurements effectively compensate the influence
from temperature variations. Here, the compensation of the
differential measurement is only partial, as the temperature-
induced capacitance changes are reduced rather than com-
pletely eliminated. This can be explained by the mismatch of
the thermal-electric properties between the sensing and the
reference polymer and inconsistence during the fabrication of
the sensing and the reference electrodes, leading to different
capacitive responses upon temperature changes. The tem-
perature stability can be further improved by careful selection
of the reference polymer to achieve a similar thermal-electric
property as the sensing polymer.

The device was characterized in-vivo with three sedated
laboratory mice. FIG. 35A is a picture showing sensor
implantation in one such sedated laboratory mouse. The glu-
cose sensors implanted in the subcutaneous tissue of the
sedated mice measured the glucose concentrations in ISF
continuously, while a commercial glucometer sampled the
blood sugar levels in the tail of the mice every 5 minutes.

After sensor implantation, the devices were initiated for 10
to 30 minutes to allow the equilibrium of glucose and saline in
microchambers with the environmental ISF. During this pro-
cess, glucose in the ISF permeated through the semi-perme-
able membrane and diffused into the polymer solutions,
which were originally free of glucose before implantation.
Simultaneously, the differences in the saline composition
between the polymer solutions and ISF were also eliminated
through ion exchanges. An exemplary sensor response for
this setup process was shown in FIG. 35B, in which the
differential sensor capacitance decreases over time from 0.78
to 0.68 pF, indicating a decrease in the permittivity of the
PHEAA-ran-PAAPBA polymer solution due to affinity bind-
ing between the glucose and the sensing polymer. The differ-
ential capacitance is eventually leveled, indicating the
completion of the sensor initialization and the readiness of
implantation measurements.

Both the differential sensor outputs and the glucometer
readings were recorded after device initialization. During
measurements, blood glucose levels were first allowed to be
purely managed by the metabolism of the sedated mice with-
out intervention from glucose or insulin injections. The glu-
cose levels of mice were then reduced to hypoglycemia
through insulin injections, and, afterward, increased to hyper-
glycemia via glucose injections. The glucometer readings and
the changes of the differential capacitance calculated with
respect to the value at the time of the first glucometer reading
are shown in FIG. 36 for all tested mice. It can be seen that the
device output closely followed the commercial glucometer
readings as the blood glucose levels vary over the measure-
ment periods ranging from 90 to 150 minutes. Time lags
between the differential capacitance and the glucometer read-
ings when glucose levels undergo rapidly changes exist for all
tested mice. The lags, which range from 5 to 15 minutes,
depend on individual tested subjects as well as the response
times of the tested glucose sensors.
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The differential capacitance of the sensor can be calibrated
with the reference glucose values obtained from the glucom-
eter using a previously introduced six-point calibration
method, as discussed in Example 1. The clinical accuracy of
the a, as compared to G, can be quantified using a Clarke error
grid (FIG. 37), which has five zones labeled with letters from
A to E, representing different levels of measurement accu-
racy. All 61 measured points were calibrated and the corre-
sponding a, was obtained. Here, all points fall exclusively fall
into Zone A (83.6%) and Zone B (16.4%), whit no point
falling into other zones. These results indicate that the differ-
ential dielectric sensors achieve clinical accuracy and good
consistency with the glucometer. The test results in this
Example demonstrate that this differential dielectric sensor
can be used for subcutaneously implanted devices for long-
term, stable, and reliable CGM in diabetes management.

Example 5

An Implantable Monitor Including a MEMS Affinity
Sensor and a Wireless Interface

In this example, active telemetry is used to construct a
wireless interface for the implanted glucose sensors. A pho-
tograph of a wireless interface 3800 and an external reader
3880 are shown in FIG. 38B. Although the dimension of this
wireless interface is still relative large for fully implantable
applications, it allows for verification of the feasibility of this
wireless interface, and provides a convenient and reliable tool
for in-vivo animal studies.

As schematically illustrated in FIG. 38A, the wireless
interface 3800 contains a low frequency passive transponder
3810 (Texas Instruments, TMS37157), a microcontroller
3830 (Microchip technology, PIC16LF1829), a CDC 3840
(Analog Devices, AD7746), a voltage regulator (Texas
Instruments, TPS76901), and a rechargeable battery 3820.
Integrated with a glucose affinity sensor 100, this wireless
interface can record and send out a 24 bits sensor capacitance
value every 3 seconds. While not reading the data from the
transponder, an external reader 3880 (Texas Instruments) pro-
vides a continuous RF signal to charge the battery 3820. The
CDC 3840 can digitize the capacitance of the glucose sensors,
and store the results into the EEPROM of the CDC. The saved
data is then read via an 12C bus by the microcontroller 3830,
which is then sent the data to the transponder 3810 through a
SPI bus. The transponder 3810 modulates the digitized data
by using two carry frequencies to represent “1” and “0”. In
addition, the transponder 3810 can harvest RF power from the
external reader and provide a voltage at 3.6 V to the recharge-
able battery 3820. All integrated circuit (IC) chips in the
wireless interface feature low power consumption and are
able to enter from working mode to sleep mode to save the
energy when no operation is conducted.

The functioning of this wireless interface was tested as
follows. A single-module dielectric affinity glucose sensor,
such as described in Example 4, was coupled into the wireless
interface 3800. This sensor contains a parallel plate capacitor
formed by a perforated electrode and a bottom electrode. The
sensor was original exposed in air, and the capacitance mea-
sured by the wireless interface was approximately 0.76 pF
(FIG. 39). Then, the dielectrics sandwiched between the elec-
trodes was changed from air to water. As a result, the sensor
capacitance increased to 0.9 pF, indicating an increase in
permittivity of the sensor dielectrics. This result demonstrates
that the wireless interface has successfully measured the per-
mittivity-induced capacitance change and can be applied to
implantable glucose detection. In addition, the sensor capaci-
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tance measured by the interface is very stable in water, sug-
gesting similar sensor stability in polymer solutions.

The foregoing merely illustrates the principles of the dis-
closed subject matter. Various modifications and alterations
to the described embodiments will be apparent to those
skilled in the art in view of the inventors’ teachings herein.
Features of existing methods can be integrated into the meth-
ods of the exemplary embodiments of the disclosed subject
matter or a similar method. It will thus be appreciated that
those skilled in the art will be able to devise numerous meth-
ods which, although not explicitly shown or described herein,
embody the principles of the disclosed subject matter and are
thus within its spirit and scope.

The invention claimed is:

1. A microdevice for monitoring a target analyte in a
sample using a polymer capable of binding to the target
analyte, the microdevice comprising:

a semi-permeable membrane structure;

a substrate; and

a first microchamber and a second microchamber, each

formed between the semi-permeable membrane struc-
ture and the substrate, each of the first and second micro-
chambers comprising a suspended element positioned to
be spaced apart from the substrate;

wherein the suspended element in each of the first and

second microchambers comprises a perforated top elec-
trode and the substrate comprises a bottom electrode;

wherein the first microchamber is adapted to receive a

solution including the polymer;

wherein the second microchamber is adapted to receive a

reference solution for screening effects not caused by the
target analyte;

wherein perforations in the top electrode in the first micro-

chamber are configured to allow the solution to fill a gap
between the top electrode in the first microchamber and
the bottom electrode;
wherein perforations in the top electrode in the second
microchamber are configured to allow the reference
solution to fill a gap between the top electrode in the
second microchamber and the bottom electrode;

wherein the semi-permeable membrane structure is perme-
able to the target analyte and impermeable to the poly-
mer, thereby when the sample is placed in contact with
the semi-permeable membrane structure, the target ana-
lyte, if present in the sample, permeates the semi-per-
meable membrane structure and enters the first micro-
chamber and the second microchamber, respectively,
and the polymer is prevented from escaping from the
first microchamber through the semi-permeable mem-
brane structure.

2. The microdevice of claim 1, wherein the binding of the
polymer with the target analyte causes a change in the per-
mittivity of the polymer solution.

3. The microdevice of claim 1, wherein the top electrode in
each of the first microchamber and the second microchamber
is supported by at least one anti-stiction post formed from the
substrate.

4. The microdevice of claim 1, wherein the semi-perme-
able membrane structure includes at least two semi-perme-
able membrane portions each forming a cover for the first
microchamber and the second microchamber, respectively.

5. The microdevice of claim 1, further including the poly-
mer solution in the first microchamber and the reference
solution in the second microchamber.

6. The microdevice of claim 5, further comprising a capaci-
tive sensor coupled with each of the first microchamber and
the second microchamber, the capacitive sensors configured
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to detect the difference in capacitance between (A) a first
capacitor formed by the suspended element, the substrate,
and the polymer solution sandwiched therebetween in the
first microchamber; and (B) a second capacitor formed by the
suspended element, the substrate, and the reference solution
sandwiched therebetween in the second microchamber.

7. The microdevice of claim 1, wherein the perforated
electrode in the first microchamber is supported by at least
one post formed from the substrate.

8. The microdevice of claim 1, wherein the polymer com-
prises a plurality of boronic acid moieties.

9. The microdevice of claim 8, wherein the polymer com-
prises poly(N-hydroxyethylacrylamide-ran-3-acrylami-
dophenylboronic acid) (PHEA-ran-PAAPBA).

10. The microdevice of any of claim 1, wherein the poly-
mer reversibly binds with the target analyte.

11. The microdevice of claim 1, wherein the analyte is
glucose.

12. The microdevice of claim 1, adapted to be implantable
in a subcutaneous tissue of a subject.

13. The microdevice of claim 1, further comprising a
microheater.

14. The microdevice of claim 1, further comprising a tem-
perature sensor.

15. An implantable monitor for monitoring a target analyte
in the interstitial fluid of a subject, comprising the microde-
vice of claim 1 coupled with a wireless interface.

16. The implantable monitor of claim 15, wherein the
wireless interface comprises:

a capacitance digital converter coupled with the microde-

vice and adapted to produce a digital signal representing
a measurement of the target analyte in the interstitial of
the subject;

amicrocontroller coupled with the capacitance digital con-
verter; and

a transponder coupled with the microcontroller to transmit
the digital signal received from the capacitance digital
converter to an external reader.

17. A microdevice for monitoring a target analyte in a
sample using a polymer capable of binding to the target
analyte, the microdevice comprising:

a semi-permeable membrane structure;

a substrate;

a first microchamber and a second microchamber, each
formed between the semi-permeable membrane struc-
ture and the substrate, each of the first and second micro-
chambers comprising:

asuspended element positioned to be spaced apart from the
substrate; and

a capacitor formed by a top electrode included in the sus-
pended element and a bottom electrode included in the
substrate;

wherein the first microchamber is adapted to receive a
solution including the polymer;

wherein the second microchamber is adapted to receive a
reference solution for screening effects not caused by the
target analyte;

wherein perforations in the top electrode in the first micro-
chamber are configured to allow the solution to fill a gap
between the top electrode in the first microchamber and
the bottom electrode;

wherein perforations in the top electrode in the second
microchamber are configured to allow the reference
solution to fill a gap between the top electrode in the
second microchamber and the bottom electrode;

wherein the semi-permeable membrane structure is perme-
able to the target analyte and impermeable to the poly-
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mer, thereby when the sample is placed in contact with
the semi-permeable membrane structure, the target ana-
lyte, if present in the sample, permeates the semi-per-
meable membrane structure and enters the first micro-
chamber and the second microchamber, respectively,
and the polymer is prevented from escaping from the
first microchamber through the semi-permeable mem-
brane structure.

18. The microdevice of claim 17, wherein the top electrode
in each of the first and second microchambers is supported by
at least one post formed from the substrate.

19. The microdevice of claim 17, wherein the binding of
the polymer with the target analyte causes a change in the
permittivity of the polymer solution.

20. The microdevice of claim 17, further comprising the
polymer solution in the first microchamber and the reference
solution in the second microchamber.

21. The microdevice of claim 17, wherein the analyte is
glucose.

22. The microdevice of claim 17, wherein the microdevice
is adapted to be implantable in a subcutaneous tissue of a
subject.

23. An implantable monitor for monitoring the target ana-
lyte in the interstitial fluid of a subject, comprising a microde-
vice of claim 17 coupled with a wireless interface.
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