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Abstract
We present a MEMS sensor aiming to enable continuous monitoring of
glucose levels in diabetes patients. The device features a
magnetically-driven vibrating microcantilever, which is situated in a
microchamber and separated from the environment by a semi-permeable
membrane. Glucose sensing is based on affinity binding principles using a
solution of dextran concanavalin-A (Con A) as the sensing fluid. The
glucose concentration is determined by detecting viscosity changes induced
by the binding of glucose to Con A through the measurement of the
cantilever’s vibration parameters. The device is capable of measuring
physiologically relevant glucose concentrations from 0 to 25 mM with a
resolution better than 0.025 mM and a phase sensitivity better than
0.4◦ mM−1. The response of the sensor to glucose concentration changes
has a time constant down to 4.27 min, and can be further improved with
optimized device designs.

(Some figures in this article are in colour only in the electronic version)

1. Introduction

Diabetes mellitus is a metabolic disease characterized by
persistent hyperglycemia (high blood sugar levels). Close
monitoring of diabetes treatment with repetitive daily blood
glucose measurements allows timely identification and
correction of problematic blood sugar patterns. This has
been demonstrated to reduce the risk of diabetes-related
complications.

Continuous glucose monitoring (CGM) allows the most
timely detection of abnormal glucose levels, and can be
accomplished by either non-invasive or minimally invasive
approaches [1]. Non-invasive devices rely on transdermal
sampling and detection of glucose in interstitial fluid (ISF)
[2, 3], and in general have limited accuracy and reliability.
Minimally invasive, subcutaneously implanted devices allow
direct and accurate extraction of ISF glucose levels
[1–3]. Existing minimally invasive systems are mostly based

on electrochemical detection of enzyme-catalyzed reactions
[4–9]. While electrochemical methods allow sensitive glucose
detection, they have some significant drawbacks. First,
glucose is irreversibly consumed during detection. This might
change the equilibrium concentration of glucose in tissue, and
thus, the actual measured glucose level. Furthermore, the rate
of glucose consumption is diffusion limited. Any changes in
diffusion layers (e.g. by cell deposition, capsule formation) on
the sensor surface affect the diffusion rate, and, thus, the device
sensitivity. In addition, drift hydrogen peroxide production
and interference from electrode-active chemicals often cause
inaccuracies. As a result, electrochemical CGM sensors often
exhibit large drifts and require frequent calibration (typically
at least once every 12 h [6, 8]). This lack of reliability
has been severely hindering CGM applications to practical
diabetes treatment.

To overcome these limitations, alternative glucose sensing
techniques have been under active investigation. In particular,
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methods that use non-consumptive, competitive affinity
binding of glucose have shown great promise [10–15]. Such
methods are typically based on the solution of a polysaccharide
(e.g., dextran) crosslinked by a glucose-binding protein
(e.g., concanavalin A or Con A) [10]. When glucose is
added to the solution, it binds competitively to Con A and
causes reversible de-crosslinking of dextran–Con A complex,
which can be detected via the resulting changes in solution
properties, such as fluorescence [16, 17] or viscosity [10, 12,
13, 18, 19]. As it is based on equilibrium binding in
which glucose is not consumed, affinity sensing is not
susceptible to electroactive interferents. More importantly,
affinity sensing is considerably more tolerant to biofouling.
That is, the deposition of biological material (e.g., cells
and proteins) on the implanted affinity sensor surface results
only in an increased equilibration time without any changes
in measurement accuracy. Consequently, affinity glucose
sensors can be highly stable and low drift. For example,
GlucOnlineTM, a device under commercial development and
based on viscometry of the Con A/dextran system [20, 21],
has demonstrated excellent stability, requiring calibration only
once over a 3 day period and allowing sensor readings
to be displayed in real time. However, requirements of
microdialysis and conventional viscometric instruments make
this device rather bulky, cumbersome and expensive.

MEMS technology promises to allow batch fabrication of
low-cost implantable sensors that integrate multiple functional
components for metabolic monitoring. Such devices are
miniaturized, leading to improved measurement time response
and minimized invasiveness. MEMS or related technologies
have previously been applied for glucose sensors that are
based on electrochemical [22–25], eletrophoretic [26], thermal
[27–29], optical [30] and colorimetric [31] detection methods.
MEMS-based devices have also exploited microdialysis
[32, 33] and glucose-induced hydrogel swelling [34]. Here,
we present a MEMS-based viscometric sensor that aims to
use affinity binding principles to enable continuous glucose
monitoring. The sensor utilizes the Con A/dextran system;
changes in the solution viscosity caused by glucose/Con A
binding are detected using a MEMS vibrational cantilever.
We envision that when subcutaneously implanted, the sensor
will allow the detection of glucose in interstitial fluid (ISF).
There are several distinct advantages to MEMS-based affinity
glucose sensing. Compared with electrochemical glucose
sensors, it offers the benefits of other affinity sensing
techniques, such as tolerance to biofouling and electroactive
interferents. Compared to existing affinity-based glucose
sensors, the advantages include (1) it is miniaturized with
minimal invasiveness and minimized use of sensing solution;
(2) it allows integration of functional components for reliable
glucose sensing; (3) it can potentially be batch fabricated in
an array to empower simultaneous monitoring of multiple
metabolites; (4) it eliminates the use of microdialysis,
simplifying operation and potentially allowing complete
implantation in tissue; and (5) it potentially enables vibration-
based active mixing of glucose in the sensing fluid, leading to
a rapid response to glucose concentration changes.

The paper is organized as follows. The basic principle
and conceptual design are first introduced. A device model
and the microfabrication process are then presented. The
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Figure 1. Schematic of the MEMS viscometric glucose sensor:
(a) cross-sectional view and (b) top view of the microchamber
looking down from cross-section I–I shown in (a). Dimensions
shown (in micrometers) are those of the microfabricated prototype
devices (section 4).

experimental method and setup are described next, followed
by the presentation and discussion of the experimental results.
The paper concludes with a summary and a brief discussion of
future work.

2. Principle and design

As shown in figure 1, the MEMS viscometric glucose sensor
is based on a cantilever situated inside a microchamber. The
cantilever is a polymer thin film anchored on the substrate at
one end, and suspended over a cavity. Permalloy thin film
strips are deposited on the cantilever at its free end, and are
covered with a thick reinforcement polymer layer to prevent
the curling of the cantilever because of the intrinsic stress
mismatch between the polymer and metal thin films. The
microchamber is formed between the substrate and a polymer
membrane and is filled with a solution of Con A and dextran.
The membrane is semi-permeable in that glucose outside the
chamber can permeate through the membrane, while neither
Con A nor dextran can escape. During operation, the cantilever
is set in vibration by a remotely applied magnetic field, which
acts on the permalloy strips. The viscosity change, caused
by the interaction of glucose that permeates into and out of
the chamber with the solution, alters the characteristics of
the cantilever vibration, which can be measured to obtain the
glucose concentration.

The affinity glucose sensing principle is illustrated in
figure 2. The sensing solution consists of dextran, a branched
polysaccharide made of glucose units and Con A, a protein
that can specifically bind to up to four glucose units reversibly.
The dextran molecules can be crosslinked by binding to
Con A, forming a highly viscous, gel-like solution. When
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Figure 2. Schematic illustration of the affinity glucose sensing principle.

free glucose molecules enter the solution through the semi-
permeable membrane from subcutaneous tissue, they will
compete with the terminal glucose units of dextrans in binding
to the Con A. The replacement of polymeric glucose on Con
A by free glucose results in partial de-crosslinking of the
dextran–Con A complex, consequently resulting in a decrease
in the solution viscosity. This process is reversible, i.e., as
the glucose concentration outside the membrane decreases,
the glucose will unbind from Con A, causing the dextran
crosslinking to recover and solution viscosity to increase. The
competitive binding of free and polymeric glucose to Con
A reaches an equilibrium when the glucose concentrations
inside and outside the chamber are equalized. The solution
viscosity under equilibrium conditions is thus a function of the
glucose concentration in subcutaneous tissue. This function
is independent of the extent to which the presence of the
semi-permeable membrane hinders the diffusive transport of
glucose. In particular, additional diffusion barrier layers
on the membrane due to biofouling will not alter the
functional relationship nor affect the accuracy of viscometric
determination of glucose concentration.

The viscosity of the sensing solution is detected by
vibration measurements. The device is placed in a magnetic
field produced, for example, by a solenoid outside the skin.
The magnetic field generates a torque in the permalloy
film strips, which has the magnitude T = VMH. Here,
V is the total permalloy volume, H is the magnetic field
component perpendicular to the cantilever surface and M is
the magnetization along the length of the permalloy strips.
The torque is directed along the width of the cantilever, and
causes cantilever bending. Thus, a time-dependent magnetic
field generates a time-dependent torque, which in turn causes
the cantilever to vibrate. The cantilever vibration is resisted
by the elasticity of the cantilever, as well as the effects of
vibration-induced flow of the solution. The flow effects on the
vibration are manifested as apparent hydrodynamic inertia and
damping [35], which directly depend on the solution viscosity.
The measurement of the damped vibrations therefore allows
determination of the sensing solution’s viscosity.

3. Device model

Let the permalloy strips and the associated SU-8 reinforcement
layer be collectively approximated as a rigid plate of mass
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Figure 3. Geometry of the vibrating cantilever model.

m and length a, whose oscillation under the action of the
magnetic torque involves translation yc of the center of mass
along the y-axis and rotation θ about the center of mass
(figure 3). That is, the plate has two degrees of freedom,
and it will be convenient to define a displacement vector,
q = [yc, lθ ]T, where l is the cantilever length uncovered by the
permalloy. The cantilever mass is negligible compared to m,
and therefore can be represented as a massless elastic spring.
From elastic beam theory, the spring force and torque are
related to the plate displacement by Fel = 12

(
yc − 1

2aθ
) − 6θ

and Tel = −6
(
yc − 1

2aθ
)

+ 4θ, respectively, where yc − 1
2aθ is

the deflection of the cantilever at its free end. The spring force
vector, Rel = [Fel, Tel/l]T, is hence given by Rel = Kbeamq,

where the cantilever stiffness matrix, Kbeam, is given by

Kbeam = k

(
12 −6(1 + a/l)

−6 4 + 3a/l

)
.

Here, k = EI/l3, where E is Young’s modulus and I is the
cantilever’s bending moment of inertia.

The force, Ff, and torque, Tf, exerted by the fluid flow on
the plate must be determined by solving the associated fluid
dynamics problem, which in general is difficult. However,
these quantities are expected to be related to the plate’s velocity
and acceleration. In terms of a fluid force vector, Rf = [Ff, Tf] T,
we can write Rf = Mf q̈ + Df q̇, where Mf is the added mass
matrix and Df is the fluid damping. While specific forms
of these matrices for the cantilever immersed in a sensing
solution are not yet available, reasonable approximations may
be obtained for cantilever vibrations in air (section 6).

The oscillation of the plate is governed by the equations
mÿc = −Fel − Ff and 1

12ma2θ̈ = −Tel + Fel
(

1
2a

) − Tf − Tmag.

In the matrix form, they can be written as

(M + Mf)q̈ + Df q̇ + Kq = Rmag (1)
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where the mass and stiffness matrices, along with the magnetic
force vector, are given by

M =
(

m 0
0 1

12m(a/l)2

)
,

K = k

(
12 −6(1 + a/l)

−6(1 + a/l) 4 + 6(a/ l) + 3(a/ l)2

)
(2)

Rmag =
(

0
Tmag/l

)
.

This 2-DOF problem can be analyzed with the method
of modal analysis [36]. Consider the eigenvalue problem
associated with the mass and stiffness matrices in equation (1).
That is, we seek a scalar λ and a vector u such that the following
equation holds:

[K − λ(M + Mf)] u = 0. (3)

Two eigenvalues, λ1 and λ2, exist with associated eigenvectors
u1 and u2, respectively. Assuming that the total mass and
stiffness matrices are symmetric and positive definite, then
λ1 > λ2 > 0 and u1 and u2 are real and orthogonal, i.e., u1

T u2 =
0. Scale the eigenvectors such that they have unit magnitude:
|u1| = |u2| = 1, and define a matrix by U = [u1 u2]. It
can be shown that this matrix has the following properties:
UT(M + Mf)U = diag(m1,m2) and UTKU = diag(k1, k2),
where diag(m1,m2) (or diag(k1, k2)) is a 2 × 2 diagonal
matrix with m1 and m2 (or k1 and k2) as the first and second
diagonal elements (with m1, m2, k1 and k2 all positive). Thus,
introducing a change of variables q = Up, equation (1) can be
transformed to

diag(m1,m2)p̈ + UTDfUṗ + diag(k1, k2)p = UTRmag. (4)

In general, the matrix UTDfU is not diagonal. However, it may
be approximated by a diagonal matrix diag(c1, c2), where c1

and c2 are positive real numbers. Then equation (4) represents
two decoupled vibration modes:

mip̈i + ciṗi + kipi = uT
i Rmag (i = 1, 2). (5)

It follows that mi, ci and ki are the effective mass, and damping
and spring coefficients of the ith vibration mode. In addition,
ωi = (ki/mi)

1/2 is the ith fundamental frequency and ui is the
ith modal shape. Let the vibration modes be ordered such that
ω1 < ω2. In the case where the first fundamental frequency is
much lower than the second natural frequency, the vibration is
dominated by the first mode. Thus, after p1(t) is found from
equation (5) (i = 1), the displacement vector is approximately
q(t) = p1(t)u1. The photodetector output is then given by
vout(t) = (rTu1)p1(t), where r is a constant vector determined
by the optical lever setup and the positioning of the sensor.

According to this procedure, the cantilever vibration
problem can be solved when the cantilever is subjected to
either harmonic or transient excitation. For example, consider
steady-state vibration under harmonic excitation Rmag =
R0ejωt . The cantilever vibration is

p1 = 1

ω2
1 − ω2 + 2jς1ω1ω

m−1
1 uT

1 Rmag, (6)

where ς1 = 1
2c1/

√
m1k1 is the damping ratio, which in

general is a function of the excitation frequency ω due to
the coupling of vibration with fluid flow. The system is said to
be underdamped if ς1 < 1/

√
2, in which case resonance will

occur, and overdamped if ς1 > 1/
√

2, in which case there is
no resonance. This analysis will be applied below to interpret
measured cantilever vibrations in air.
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Figure 4. Device fabrication and assembly process.

4. Fabrication process

The device fabrication process (figure 4) started with
deposition and patterning of a layer of SU-8 (7 µm) to form
the cantilever (600 µm long and 500 µm wide). A permalloy
film was sputter deposited and patterned to form eight strips
each with dimensions 500 × 50 × 1 µm3 at the cantilever’s
free end (figure 4(a)). This was followed by the spin coating
and patterning of two additional SU-8 layers (40 and 100 µm
thick, respectively; figure 4(b)). These layers, along with the
first SU-8 layer, formed the chamber’s side walls (total height:
147 µm). In addition, a 500 × 500 µm2 portion of the 40 µm
thick layer directly covered the permalloy area to prevent
curling of the cantilever due to stress mismatch between the
permalloy and SU-8, as well as to isolate the permalloy from
the sensing solution. Gas-phase XeF2 etching was then used to
release the cantilever by etching the silicon directly underneath
it (figure 4(b)). The resulting chip was packaged to form a
complete device assembly (figure 4(c)), with epoxy used as
an adhesive in all bonding steps. Specifically, to form the
inlet and outlet for the microchamber, two PEEK tubes (OD:
360 µm; ID: 150 µm) were each adhesive affixed horizontally
in grooves that connected the microchamber and an edge of
the substrate. (The grooves were formed within the SU-8
layers and the silicon substrate during microfabrication.) A
semi-permeable membrane was bonded to form the top wall
of the microchamber. The chamber, including the cavity XeF2

etched into the silicon substrate, was estimated to be about
1 × 1 × 0.4 mm3 (0.4 µL) in volume. Finally, a test flow cell
about 20 µL in volume was formed on top of the membrane by
bonding a plastic spacer disk and a glass cover slip. The inlet
and outlet for the test cell were provided via adhesive-affixed
PEEK or rubber tubes. Images of a fabricated device before
and after packaging are shown in figure 5.

In general, the semi-permeable membrane must meet
several requirements. The membrane’s pore diameter must be
sufficiently large to allow the passage of glucose molecules,
and also small enough to prevent the passage of the active
components (i.e., Con A and dextran) in the sensing solution.
Moreover, the membrane should have a relatively small
thickness and large porosity, so that the diffusive glucose flux
is sufficiently large at physiologically relevant concentration
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Figure 5. Image of a device (a) before cantilever released by XeF2 etching and (b) after packaging and filling of the sensing solution.

differences at the two sides of the membrane. This is
necessary for the glucose concentration to equilibrate within
an adequately small time period, which essentially determines
the device’s response time. Our prototype devices used
three different membranes, two of which were regenerated
cellulose acetate (CA) membranes (Pierce Biotechnology)
each 12 µm in thickness, with 10 and 3.5 kD molecular
weight cutoffs (MWCO), respectively. The third membrane
was a polycarbonate track etched (PCTE) membrane with
10 nm pore diameter and 10 µm thickness (Sterlitech
Corporation). In principle, glucose (molecular weight: 180 Da
and hydrodynamic diameter: 1.5 nm) would be able to freely
permeate through the membranes, which should prevent the
permeation of Con A (molecular weight: 103 kD and size:
approximately 6 × 7 × 7 nm3) and dextran (molecular weight:
500 kD and hydrodynamic diameter: 30 nm).

5. Experimental method and setup

Chemicals and reagents used in the experiments include
glycerol (Sigma–Aldrich), Con A (Sigma–Aldrich), dextran
(Dextran-500, Fisher Scientific) and glucose (Alpha-d-(+)-
Glucose, Acros). Phosphate buffer saline solution (PBS), pH
7.0, was made of potassium phosphate (20 mM, or mmol
L−1), NaCl (150 mM) and NaN3 (0.05%). Dextran solution
was prepared by dissolving dextran (1.0 g) in PBS to 5.0 mL
volume. Likewise, Con A (200.0 mg) was dissolved in PBS
to 5 mL, followed by the addition of MnCl2·4H2O (4.0 mg)
and CaCl2 (2.0 mg) to increase the solution’s complexibility.
The sensing solution was then prepared by mixing dextran
(50.0 mg mL−1) and Con A (10.0 mg mL−1) solutions.

Glucose stock solution (1.0 M) was prepared by dissolving
glucose (1.8 g) in PBS to 10.0 mL. A series of glucose solutions
(3.0, 6.0, 12.0, 18.0 and 25.0 mM) were prepared by dilution
of the stock solution with PBS. To prepare sensing solutions
premixed with glucose (hereafter referred to as ‘premixed
samples’), solutions of dextran (50.0 mg mL−1), Con A
(10.0 mg mL−1) and glucose (at one of the concentrations
above) were mixed together.

Measurements of sensing solution viscosity at varying
glucose concentrations were performed with capillary
viscometers (Cannon Instrument Company, models 9722-
H50 and 9722-H62), which were equipped with a water bath
with temperature maintained at 37 ◦C. All experiments with
MEMS prototype devices were also conducted at 37 ◦C with

temperature control provided by a thermoelectric heater. This
was necessary as viscosity of fluids is temperature dependent.
In experiments using glycerol solutions, glycerol diluted to
desired concentrations (10% and 20%) were prepared and
used to fill the microchamber and test cell using syringe
pumps connected to the appropriate inlet tubes. Experiments
using glucose solutions were performed according to two
methods. First, both the microchamber and test cell
were filled with premixed samples of the same glucose
concentration, and then cantilever vibration measurements
were performed. In these experiments, hereafter called ‘pre-
equilibrated’ measurements, the glucose concentration in the
chamber did not vary with time and was determined from that
of premixed samples. In the second type of experiments, the
samples in the chamber and test cell had different glucose
concentrations; because the volume of the test cell was
50 times that of the chamber, it was reasonable to assume that
the glucose concentration in the chamber would eventually
equal that in the test cell, which did not vary with time.
These experiments, referred to as ‘permeation measurements’,
simulate the operation of an implantable glucose sensor
involving diffusive transport of glucose between two sides
of the semi-permeable membrane.

The cantilever vibration was driven by a home-made
solenoid (400 turns of a 250 µm diameter copper wire on
a plastic core), which, under a driving voltage of 5 Vrms,
produced a magnetic field strength of about 950 A m−1

perpendicular to the cantilever surface. A permanent magnetic
bar with a field strength of 200 kA m−1 was placed parallel to
the cantilever surface to allow saturated magnetization of the
permalloy strips.

To measure cantilever vibrations, an optical lever system
was used (figure 6). A laser beam from a laser diode (Coherent,
Inc., model P/N 31-0235) was directed onto the permalloy
surface on the cantilever. The reflected light was detected by a
photodetector equipped with an amplifier (On-Trak Photonics,
Inc., model PSM2-4 and model OT-301). The cantilever
deflection changed the path of the reflected light. The resulting
changes in the reflected light spot position on the photodetector
surface caused changes in the photodetector output, which
was detected by a lock-in amplifier (for measuring harmonic
vibrations) or an oscilloscope connected to a PC (transient
vibrations). Thus, in all experimental results below, the
cantilever deflection will be presented in terms of the output
voltage from the lock-in amplifier or oscilloscope.
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Figure 6. Experimental setup for characterization of the MEMS
glucose sensor. The cantilever vibration is measured with an optical
lever system.
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6. Results and discussion

This section presents the experimental results from the
fabricated devices. We first investigate the dynamic
characteristics of the cantilever by examining its vibration
in air, and then discuss the choice of semi-permeable
membrane, which critically influences the device’s time
response. Cantilever vibration measurements involving
glucose permeating through the semi-permeable membrane
at varying concentrations are finally presented. We have
tested a total of twelve devices, all of which showed results
that were qualitatively similar. Therefore, results from three
devices, which had the same nominal dimensions as given in
section 4 except different semi-permeable membrane choices,
are presented below.

6.1. Cantilever vibration characteristics

To characterize the properties of the cantilever, we measured
the cantilever vibration in air when a sinusoidally varying
voltage (amplitude: 0.5 V) was applied to the solenoid.
The measured vibration amplitude as a function of excitation
frequency showed pronounced resonance (figure 7). The
slight decrease of amplitude to values below static deflection
(corresponding to frequency equal to zero) at frequencies
up to 1.5 kHz may be attributed to the moderate decrease
of the magnetic field magnitude with increasing frequency
due to self-induction effects of the solenoid coil. The Q
factor for the resonance peak was determined to be about
57, which is sufficiently large to justify the approximation that
the resonance frequency (2.87 kHz) equals the basic natural
frequency of the cantilever system.

To obtain a theoretical understanding, we apply
equation (1) to this case of cantilever vibration. Using
dimensions given in section 4 and typical material properties
of SU-8 (Young’s modulus: 4 GPa and density: 1200 kg
m−3) and permalloy (density: 8740 kg m−3), we obtain m =
16.8 µg and k = 62.2 N m−1. Because the density of air
(1.16 kg m−3) is about 1000 times smaller than that of SU-
8, the added mass due to air flow can be neglected. The
natural frequencies of the cantilever system can be determined
by considering its free vibration without inclusion of damping:
Mq̈ +Kq = 0, where the mass (in µg) and stiffness (in N m−1)
matrices are, respectively, evaluated according to equation (2)
to be

M =
(

16.8 0
0 35.0

)
, K =

(
746.5 −2239
−2239 6780

)
.

The eigenvalues as defined in equation (3) can be found to be
λ1 = 3.321 × 108 and λ2 = 2.378 × 1011 rad2 s−2, which
can be used to compute the cantilever’s natural frequencies:
f1 = 1

2π
λ

1/2
1 = 2.90 kHz and f2 = 1

2π
λ

1/2
2 = 77.6 kHz. The

calculated basic natural frequency of 2.90 kHz agrees well with
the measured resonance frequency of 2.84 kHz. In addition,
as f2 is an order of magnitude larger than f1, the first vibration
mode dominates.

6.2. Effects of the semi-permeable membrane choice on
device time response

As mentioned in section 4, semi-permeable membranes of
three different specifications were used to construct prototype
devices. We evaluated how the different permeability
of these membranes impacts the device time response by
testing the devices with glycerol solutions. The use of
glycerol solutions, which are Newtonian fluids, also served to
corroborate the sensor’s capability to detect viscosity changes
via vibration damping measurements. Under harmonic
magnetic excitations, the frequency dependence of cantilever
vibration in relatively low-concentration glycerol solutions
(10% and 20%, respectively, with viscosities 1.3 and 1.6 cP
at room temperature) was observed to exhibit resonance
behavior similar to that observed in air (figure 7), although
with a much more broadened resonance peak due to significant
hydrodynamic damping. The resonance frequency (around
1.05 kHz) was much lower than that in air, as the solution,
with a comparable density to SU-8, contributed a significant
added mass to the vibration (equation (1)).

When using different glycerol concentrations in the
microchamber (20%) and test cell (10%), the process of
glucose concentration equalization on the two sides of the
semi-permeable membrane could be observed to determine the
device’s time response. This was conveniently accomplished
by monitoring the time-dependent phase shift of the cantilever
vibration relative to a harmonic magnetic excitation, as is
shown in figure 8 (frequency: 1.45 kHz). It can be seen that
the measurement data for all three semi-permeable membrane
choices can be well represented by a first-order system, with
time constants of 4.27 (CA membrane with 10 kD MWCO),
15.6 (CA membrane with 3.5 kD MWCO) and 42.65 (PCTE
membrane with 10 nm pores) min, respectively. It follows
that the CA membrane with 10 kD MWCO offered the fastest
time response that lies within a practically relevant range for
continuous glucose monitoring.
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Figure 8. Time-dependence of the phase shift of cantilever
vibration under a harmonic magnetic excitation (thick lines:
measurement; thin lines: fitting), with different semi-permeable
membrane choices. The microchamber was initially filled with a
20% glycerol solution and the test cell with a 10% glycerol solution.
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Figure 9. Viscosity of sensing solutions mixed with glucose at
physiologically relevant concentrations.

6.3. Glucose measurements

We first measured the viscosity of sensing solutions mixed with
glucose at varying concentrations using capillary viscometers
at 37 ◦C (figure 9). It shows that glucose indeed induced
significant changes in the viscosity of the sensing solution.
As the glucose concentration varied from 0 to 25 mM,
the viscosity changed from 43.4 to 8.72 cP. This glucose
concentration range is physiologically relevant, and consistent
with concentration ranges of commercially available CGM
devices (e.g., 2.2–22.2 mM [6, 8]).

Glucose measurements were then carried out. Presented
below are the results obtained using a prototype MEMS
viscometric sensor equipped with a CA membrane with 10 kD
MWCO. Permeation measurements were first compared
with pre-equilibrated measurements (section 5) to verify the
achievement of concentration equalization and equilibrium
binding of glucose to Con A. Typical results are shown
in figure 10 in terms of the frequency-dependent vibration
phase shift. The pre-equilibrated measurements involved
placing premixed samples of the same glucose concentration
(6 mM) in the microchamber and the test cell. In the
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Figure 10. Comparison of measurement results from
pre-equilibrated and permeation experiments leading to a final
glucose concentration of 6 mM in the microchamber. The cantilever
vibration was excited by a harmonically time-varying magnetic field.

permeation measurements, the glucose concentration was
initially zero in the chamber and 6 mM in the test cell. It
can be observed from figure 10 that agreement between the
two types of measurements is satisfactory. As the frequency is
varied from 0 to 1.45 kHz, the pre-equilibrated and permeation
experimental results differ by less than 3% over the entire
frequency range. In addition, while the data is not shown, there
is a similar agreement between the two types of measurements
for the cantilever’s amplitude frequency response to harmonic
excitations, as well as transient response to step excitations.
This verifies that equilibrium was achieved in the permeation
experiments.

Permeation measurements at varying glucose concentra-
tions were then conducted with harmonic cantilever vibra-
tions. In the experiments, the sensing solution initially did not
contain glucose. Glucose solutions of increasing concentra-
tions were consecutively passed through the test cell. At each
glucose concentration, when glucose permeation through the
membrane had achieved equilibrium, three frequency sweeps
were performed for the voltage applied on the solenoid, and
the amplitude and phase were measured. The three sets of
data were then averaged and presented in figures 10 and 11.
The vibration amplitude can be observed to increase with
glucose concentration at any given frequency. This agrees
with the decreased viscosity and damping at higher glucose
concentrations due to de-crosslinking of dextran. There exists
a range of frequencies, approximately from 350 to 650 Hz,
over which the vibration amplitude changed most significantly
with glucose concentration. For example, at 550 Hz, the
sensitivity of the photodetector output with respect to the
glucose concentration change increased from 2.3 mV mM−1

at 25 mM to 5.6 mV mM−1 at 3 mM.
The shape of the amplitude frequency response curves

in figure 11 differs significantly from the case of cantilever
vibration in air (figure 7). This is primarily because of the
highly viscous nature of the sensing fluid, which led to large
damping on the cantilever vibrations. It should be noted,
however, that at high glucose concentrations, the vibration
is still weakly resonant, at a frequency much lower than the
basic natural frequency of 2.84 kHz. The smaller resonance
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frequency can be explained by the large added mass (equation
(1)) due to the flow of the sensing fluid.

From the phase response curves (figure 12), the phase
of vibration was nearly 0◦ at the lower frequencies, which
is consistent with the quasistatic nature of vibration. As the
frequency increased, the phase shift consistently increased,
approaching 180◦ at the upper end of the spectrum. As the
glucose concentration increased, the viscosity and damping
decreased. At a fixed frequency below 550 Hz, at which
the phase curves crossed over, the phase shift increased with
decreasing glucose concentration or increasing damping. The
cross-over occurs at the effective basic natural frequency,
indicating that the added mass lowered the basic frequency
from 2.84 kHz to 550 Hz. The phase shift at the crossover was
about 74◦, which differs from the value (90◦) predicted by the
linear oscillator theory. This most likely could be attributed to
extraneous phase shifts in the electronics of the measurement
instruments. At a fixed frequency above 550 Hz, the phase shift
decreased with decreasing glucose concentration or increasing
damping. For example, at 1.45 kHz, the sensitivity of phase
shift with respect to glucose concentration changes ranged
from 1.1◦ mM−1 (at 0 mM) to 0.4◦ mM−1 (at 18 mM). With the
lock-in amplifier’s capability to resolve phase changes down
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Figure 13. Cantilever deflection under a suddenly applied constant
magnetic field.

to 0.01◦, the phase measurements would allow a measurement
resolution of 0.025 mM in glucose concentration.

We have also measured transient cantilever vibrations.
The cantilever vibration in response to a step voltage (10 V)
applied to the solenoid is shown in figure 13. This
transient response varied also significantly with the glucose
concentration. At any time, the cantilever deflection increased
with glucose concentration as a result of decreases in damping,
which were caused by reduced viscosity. For the same
reason, the vibration was overdamped at the lower glucose
concentrations. At higher glucose concentrations, the system
became underdamped and the vibration slightly exhibited
second-order, oscillatory behavior.

Finally, we investigated the reversibility of glucose
sensing by the prototype device. Under either a harmonic
or step magnetic excitation, the device was tested with the
glucose concentration in the test cell cycling between two
values, e.g., 3 and 12 mM. It was observed that changes of
cantilever vibration characteristics were generally reversible.
For example, when the glucose concentration varied from 3 to
12 mM, the phase shift decreased by approximately the same
amount (6.732◦) as the phase shift increased (6.729◦) due to
a glucose concentration variation from 12 to 3 mM. Thus, the
MEMS viscometric sensor is relevant to practical applications,
where both increasing and decreasing glucose concentrations
must be detected.

In these experiments, drift (on the order of up to 15%
per hour) was observed in the final values of the phase shift
for each cycle of glucose concentration variation. Drift was
also present when the sensor response was monitored for an
extended period of time at a fixed glucose concentration in
the test cell. Preliminary UV absorption measurements in our
ongoing work have suggested that there was no significant
leakage of Con A through the CA membrane. Therefore, Con
A leakage likely was not the main cause for the drift. On
the other hand, osmosis effects might be a more likely cause.
The volume fraction of water in the test cell, with the absence
of Con A and dextran molecules, was much higher than that
in the microchamber. Thus, water might have diffused into
the microchamber via osmosis [37], causing the dilution of
the sensing solution and decrease of viscosity and vibration
damping. This could be addressed by improved preparation
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of the sensing and testing solutions so that they are isotonic,
or have the same water volume fractions. Furthermore, it
is worth noting that in clinical applications, osmosis effects
would reach equilibrium so that drifts would exist only in a
limited time period following sensor implantation.

7. Conclusions

A MEMS viscometric glucose sensor has been developed.
The device consists of an SU-8 microcantilever coated with
a permalloy thin film, which is located in a microfluidic
chamber (also fabricated from SU-8) and vibrates in a remotely
applied magnetic field. The sensing fluid, consisting of the
polymer dextran and the protein Con A, exchanges glucose
with the fluid outside the device through a cellulose acetate
semi-permeable membrane. The damping on the cantilever
vibration depends on the viscosity of the sensing fluid, which
in turn is determined by the interaction of glucose with Con
A. Thus, the cantilever vibration can be measured to obtain
the glucose concentration. The dynamic characteristics of the
device have been characterized with the cantilever vibrating
in air and glycerol solutions. A model has been developed
to show that the vibrating cantilever can be represented as
a two-degree-of-freedom system. The device time response
has also been found to be practically relevant (down to
4.27 min), and can be further improved with optimized designs.
Glucose measurements have been successfully performed with
the device at physiologically relevant concentrations (0 to
25 mM), with the glucose-induced viscosity change detected
either by steady-state or transient cantilever vibrations. These
measurements have shown that the cantilever vibration is
quite sensitive to glucose concentrations. For example, the
sensitivity of the phase of steady-state response was greater
than 0.4◦ mM−1, suggesting a measurement resolution of
0.025 mM in glucose concentration. The device represents
a first step toward an implantable MEMS sensor that is
miniaturized and affords the excellent stability offered by non-
consumptive equilibrium binding principles.

A number of issues can be considered in future
work. First, simulations of the cantilever vibration in
the sensing solution would yield valuable insights into the
viscometric affinity sensing approach as well as device
design guidelines. The main challenge to be addressed
will be the tight coupling between the cantilever vibration
and fluid flow. Harmonic vibrations will likely be more
tractable than transient vibrations, as the vibration and flow
equations could be formulated in the frequency domain and
solved using a numerical partial differential equation solver
without computationally expensive time integration. Second,
improved device designs can be generated, for example, to
include electronic sensing and more rapid time response.
For sensors with configurations shown in figure 1, thin-film
piezoresistive strain gauges would be a natural choice for
electronic sensing. The device time response can be improved
by reducing the microchamber height to reduce glucose
diffusion distances, and by the combined use of more porous
semi-permeable membranes and suitable sensing solutions.
Finally, drifts in sensor responses should be addressed. This
may include thorough Con A diffusion studies to rule out the
leakage of Con A through the regenerated cellulose acetate

membrane. Then, isotonic sensing and testing solutions can
be prepared and used in device testing, to verify that the
drifts observed in this work were indeed caused by osmosis
effects and can thus be effectively eliminated by suppression
of osmosis.
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