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Abstract—In this work, we study the change in the sensitivity
and the electrochemical impedance of continuous glucose moni-
toring sensors over time. 28-day sensitivity and EIS measurement
results on four similar sensors are presented. The sensitivity of
the sensor is observed to be related to its double-layer capacitance
and charge-transfer resistance, based on results acquired from a
sensor that showed substantial sensitivity drop. Two data clusters
are extracted that relate the sensor sensitivity to its impedance
before and after the sensitivity drops by more than 50%.

I. INTRODUCTION

The next generation of medical devices are emerging to
enable continuous health-care monitoring of patients at home
[1], [2]. Such devices use electrochemical sensors to measure
metabolites in a fast, inexpensive and reliable way. A notable
example that is commercially available is continuous glucose
measurement (CGM) device that uses enzymatic electrochem-
ical glucose sensor for management of diabetes [3].

One of the major challenges in electrochemical sensors
is their constant need for calibration and limited life-time.
This is partly due to the biofouling that occurs during the
implanation period. The calibration is in particular crucial as
the sensitivity of the sensor changes over time even during its
lifetime. For example, a calibration step for the CGM sensor
is traditionally done through a finger-stick test, and is required
at least once a day to obtain accurate and reliable results [4].
This takes extra time and causes inconvenience for diabetic
subjects. As a result, it is necessary to investigate methods to
simplify conventional calibration process towards lower cost,
more convenient, and less time-consuming options.

The electrochemical sensor can be modeled by a network of
capacitors and resistors representing its electrical impedance.
The electrical impedance of the glucose sensors has been
studied in the literature where in particular one impedance
parameter (i.e. the charge transfer resistance) is shown to be
dependant on the glucose concentration [5], [6] and on the
sensor fabrication steps [7].

We hypothesized that some parameters in the sensor
impedance have strong correlation with the sensor perfor-
mance. This has been experimentally proven for the ampero-
metric gas sensors, where the double layer capacitance of the
sensor is shown to be linearly proportional to the sensitivity
of the sensor [8]. The impedance spectroscopy has been also
used to determine the health of the Lithium-ion battery cells

[9], electric double-layer ultracapacitors [10], fuel cell systems
[11] and glucose sensors [12] among other applications [13].
Motivated by these promising results, in this work we make
an attempt to find the correlation between the sensitivity of
electrochemical biosensors with their impedance.

In this work, we take the commercially available CGM
sensor as an example (of electrochemical biosensors) and
monitor its impedance and sensitivity over time and study
the correlation between them. The discovery of a correlation
paves the way to building a self-calibration algorithm. Such
an algorithm enables the prediction of sensor performance, in
particular its sensitivity, through measuring its impedance.

In the following Section an introduction is given on the
electrochemical sensors along with the most common RC-
equivalent circuit model. Section III describes the material and
methods. Section IV demonstrates the measurement result and
discussion followed by the conclusions and future work.

II. ELECTROCHEMICAL SENSORS

The electrochemical glucose sensor is a three-electrode-
based electrochemical cell. The electrodes are named working,
reference and counter electrodes and their voltage and currents
are controlled and measured through a potentiostat. The sensor
is made sensitive and selective to glucose through the use of
a selective enzyme. Suitable membranes are also designed
to cover the sensor to inhibit interferer biomolecules from
reaching the sensor [14]. The sensor transforms the chemical
quantity (i.e. glucose concentration) into an electrical current
which is subsequently measured through a readout circuit. The
sensor sensitivity, S, is defined as the ratio of the change in
sensor current, IS , to the change in glucose concentration, CG:

S =
∆IS
∆CG

(1)

A. RC-Model of Electrochemical Sensors

The structure of the electrochemical cell can be interpreted
by its impedance measured under the excitation of a sinusoidal
signal with relatively small amplitude. The cell can be modeled
on the basis of its impedance using an equivalent circuit
that creates a current with an identical amplitude and phase
characters to the real cell, once excited with the same ac
voltage [15]. Among the existing models, Randles equivalent
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Fig. 1. The typical Randles equivalent model for an electrochemical cell.
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Fig. 2. Nyquist plot of the Randles Model showing a semi-circle at high
frequencies and a unity slope line at low frequencies

circuit [16] is the most frequently used one which is also
adopted in this work to model the sensor.

The schematic of the model is shown in Fig. 1 where Rπ ,
represents the resistance of the solution (mainly electrolyte).
The interface of electrode and electrolyte is modelled by Cd
the double-layer capacitance [17] in parallel with the faradaic
impedance, Zf . The parallel structure was introduced to reflect
that the total sensor current, IS , consists the double-layer
charging current, Ic, and the faradaic process, If :

IS = Ic + If (2)

The general faradaic impedance Zf consists of Rct, the
charge-transfer resistance, which is mainly due to oxygen
reduction reaction, in series with the Warburg impedance, Zw,
which represents the resistance to mass transfer process [15].
Assuming a semi-infinite linear diffusion, the Zw can be
represented by two frequency-dependent real and imaginary
elements Rw and Cw [18]:

Zw = Rw +
1

jω · Cw
(3)

Rw = σω−1/2 (4)

ZCw = −j/(ωCw) = −jσω−1/2 (5)

Where σ is the Warburg diffusion coefficient of ions in
the electrolyte and has the unit of Ω · s−1/2. The Randles
model is a simplified model which considers the interface
of electrode and electrolyte as a pure capacitor Cd. This
element in reality, named constant phase element (CPE) and is
frequency dependent. The constant phase phenomenon occurs
at the interface of metal, insulator and solution [15].

B. Mass and Kinetic regions

Since faradaic impedance is frequency-dependent, EIS mea-
surement are usually conducted at a wide range of frequen-
cies [19]. By studying the Bode and Nyquist plots of the Ran-
dles equivalent circuit, theoretical deductions at both extreme
frequency ends can be made for simplicity. At low frequencies
the imaginary part of the impedance can be simplified to [15]:

Z′′ = Z′ −Rπ −Rct + 2σ2Cd (6)

here, Z ′′ is a linear function of Z ′ with a unity slope as
depicted in Fig. 2. The interception point with the x-axis is at
Z ′ = Rπ −Rct + 2σ2Cd.

Equation 6 indicates that only the Warburg impedance
affects the shape of spectroscopy plot at low frequencies, and
the linearity of the Nyquist plot in this region is considered
as a behavior of a process mainly controlled by diffusion of
ions to and from the electrode. This is commonly referred to
as the mass-transfer operation region [15].

At high frequencies the Warburg element becomes insignif-
icant. Thus the relationship between the real and imaginary
parts of the impedance can be written as:(

Z′ −Rpi −
Rct
2

)2

+ Z′′2 =

(
Rct
2

)2

(7)

Here, the Nyquist plot shows a semi-circle behaviour and
the region is referred to as the sensor kinetic region. The semi-
circle is centered at the point Z ′ = Rπ + Rct

2 and has a radius
of Rct

2 . By combining these two cases, impedance change in
the entire frequency range is illustrated in Figure 2. Further
details could be found in [15].

III. MATERIAL AND METHODS

A. Sensors and chemicals

The measurements in this work are focused on the per-
formance of the commercially available EnliteTM (Medtronic
Ltd) Glucose Sensor for continuous glucose monitoring in skin
interstitial fluid (ISF). The Enlite sensor has three electrodes
on a needle-shape flexible substrate with an approximate
dimension of 8 mm× 0.3 mm. Four sensors were measured.
When not in use, the sensors were stored in a solution
containing glucose and albumin with concentration of 5 mM
and 30mg/ml, respectively, to simulate the conditions of ISF
[20], [21]. The storage temperature was kept fixed at 37◦C
using a temperature and humidity chamber (model SH221,
ESPEC). The 100mM PBS solution and 100mM dextrose
stock solution were made by dissolving the tablets and powder
(Sigma Aldrich)in distilled water, respectively.

B. Measurement instrument and techniques

All measurements were performed using an Electrochemical
Workstation (CHI760E, CH Instruments, Inc). To find the sen-
sitivity of the sensor, chronoamperometry measurements were
performed (at 0.53 V voltage) at multiple concentrations of
glucose in Phosphate Buffered Solution (PBS) in the following
way. After an initial sensor conditioning (approximately 10
minutes) in PBS, the glucose concentration was increased in
2.5 mM steps to cover the concentration range of 0 to 20 mM.
The measurements were repeated everyday for 28 days. EIS
measurements (at 5 mV ac voltage superimposed on 0.53 V
DC, ranging from 10 Hz to 1 MHz) were also conducted at
each concentrations after routine chronoamperometry.
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Fig. 3. Measured sensitivity of sensors No. 1, 2, 3, and 4 over time.

Fig. 4. The chronoamperometry measured on sensor No.1 on day 5 and 28.

C. Data Extraction

Five parameters of the Randles model are extracted from the
EIS measurements: Rπ , Rct, Cd, and the resistive / capacitive
components of the Warburg impedance. The parameters are
extracted using the circle fitting (Taubin method [22]) and
least-squares linear-regression techniques in Matlab. The sen-
sor sensitivity is derived from the calibration line.

IV. RESULTS AND DISCUSSION

The measured sensitivity of the sensors versus day from
the start of the measurements are plotted in Fig. 3 where
a substantial drop to below 50% of the initial sensitivity is
observed in sensor No.1 at the 14th day. All the other sensors
only show a gradual decrease in sensitivity.

Fig. 4 shows chronoamperometry measurements with sensor
No.1 at two days (5th and 28th) before and after the sensitivity
drops. Here, an increase in the settling time (i.e. slower
response) is observed in addition to the reduced current-step
size at day 28th compared to day 5th.

The measured Nyquist plots (see Fig. 5) show a change in
the kinetic region of Sensor No.1 after day 14th when the
sensitivity drops. At a fixed concentration (i.e. 20 mM) the
radius of the semi-circle has decreased after day 14th. The
extracted charge resistance ,Rct, and double layer capacitance,
Cd of sensor No.1 (at 20 mM glucose concentration) are
plotted versus the sensor sensitivity in Fig. 6 where each
dot indicates one day of measurement. Here two clusters are
recognized which imply the existence of a correlation between
the sensitivity and Cd: when Cd is about 4 nF, the sensitivity
is close to 1.05 nA/mM; When Cd increases to 6.8 nF, the
sensitivity has dropped to approximately 0.4 nA/mM. The two
clusters are observed to have different Rct values: 1120 and

Fig. 5. The Nyquist plot measured on Sensor No.1 on the 5th and 28th days
and at two glucose concentrations: 0 mM and 20 mM.

650 Ω. A summary of all the ranges of data points within
the two clusters are reported in Table I. The real part of the
impedance of sensor No. 1 is plotted versus frequency in Fig. 7
showing a clear change of amplitude in the middle frequencies
(eg. at 1 kHz) before and after the sensitivity drop. Although
any of Rct, Cd , or Z ′|1kHz indicate a change in sensitivity,
only the clusters based on Cd are inclusive of all data points.

The acquired data from sensor No. 2,3,4 (at 12.5 mM glu-
cose concentration) fall within a first cluster as no substantial
drop in their sensitivity was observed over the 28-day period.
The Cd, Rct and Z ′|1kHz in the first cluster of all four sensors
are within 18% of 4 nF, 30% of 1 kΩ, and 25% of 1.1 kΩ.

The gradual drop in the sensitivity of the sensors could
be attributed to the reduced sensitivity of the enzyme over
time as well as the biofouling effect where the Albumin
protein gradually encloses the sensor. The sudden drop in the
sensitivity of sensor no. 1 might be due to the delamination
of a biosensing surface in the molecular recognition element
layer of the sensor (i.e. the Glucose oxidase enzyme and
membranes). The presented results indicate that such a sub-
stantial drop in sensor sensitivity can be predicted through the
measurement of impedance parameters in parallel with normal
chronoamperometry measurement. For example a substantial
increase in Cd or decrease in Rct or Z’ can be used as an
indication of the end of the life-time of the CGM sensor.

The presented results pave the way to developing techniques
for sensor self-calibration with impedance spectroscopy. Such
a technique can be easily implemented on low-cost technolo-
gies such as VLSI design. This enables autonomous devices to
be made for continuous metabolite detection. In fact, state-of-
the-art already includes low-power compact integrated circuits
for impedance spectroscopy [23]–[25]. Ongoing work includes
long-time experiments to fully quantify the correlation of
sensitivity (both sudden and gradual changes) and Cd in
custom-designed electrochemical sensors [26], [27].

V. CONCLUSION

We studied the electrochemical impedance and the sensi-
tivity of commercially available CGM sensors over a period
of 28 days. The results show two data clusters around the
initial and the reduced sensitivities of the sensor indicating that
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TABLE I
CLUSTERS RELATING SENSITIVITY TO EIS PARAMETERS (DATA OF DAY 14TH IS EXCLUDED FROM Rct AND Z’ CLUSTERS)

Sensor cluster 1 S cluster 2 S
No. Cd (nF) Rct (Ω) Z’1kHz(kΩ) (nA/mM) Cd (nF) Rct (Ω) Z’1kHz(kΩ) (nA/mM)

1 4±0.3 1120±200 1.2± 0.14 1.05±0.15 6.8±0.6 650±50 0.7±0.04 0.4±0.2
2 3.94±0.29 1060±120 1.18±0.11 1.1±0.3 –
3 4.2±0.3 914± 144 1.03±0.17 1.2±0.15 –
4 4.04±0.7 930±250 1.04±0.23 1.32±0.15 –

Fig. 6. Measured Sensitivity, S, vs. double layer capacitance, Cd (left) and
Charge transfer resistance, Rct (right). All data points are from Sensor No.1.
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Fig. 7. The real part of impedance vs. frequency for Sensor No.1.

sensitivity is correlated with Cd and Rct as well as Z ′|∼1kHz .
A substantial change in any of theses can be used as an
indication of the end of the life-time of the CGM sensor. The
presented results pave the way to developing techniques for
sensor self-calibration with impedance spectroscopy.
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