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Aim and scope of the thesis
Diabetes is a disease that affects millions of people around the globe, and whose
prevalence is estimated to double (at least) within the next decades. Unfortunately, despite
the innumerous efforts by the scientific community, no cure was found yet. Therefore, the life
quality of diabetes patients is closely related to their ability to closely monitor glucose levels,
by means of Continuous Glucose Monitoring (CGM).
The need for reliable glucose monitoring tools led, in 1962, to the inception of the
biosensor field, with the “invention” of the first biosensor by Clarke and Lyons. Since
then, the continuous pursuit for better biosensors for CGM has been the main drive behind
exponential growth of the field.
Despite a large amount of proof-of-concept biosensors described, with numerous
biorecognition liable to be coupled multiple types of transducers, state of the art glucose
biomonitoring still relies point-of-care enzyme-based biosensors. Although significant
advances in the last decades in electrochemical enzyme-based biosensors technology enabled
CGM, innumerous challenges still hamper the reliability of these devices.
The aim of this thesis is to better understand the fundamentals of state-of-the art
electrochemical enzyme-based biosensors. Additionally, I aim to use the newly acquired
knowledge to develop and characterize biosensors that may enable better continuous in vivo
biomonitoring of glucose and related biomarkers.
I start to explain (Chapter 1) the prevailing need for improvements on state-of-art CGM
biosensors. Also I briefly describe how biosensors, especially electrochemical enzyme-based
ones work and the challenges for we need to face towards a “truly” CGM.
Chapters 2 and 3 are devoted to better understand the mechanisms underlying the
major breakthrough in electrochemical enzyme-based biosensors for in vivo biomonitoring,
permselective membranes. I will study the impact of membrane assembly on surface
availability and its impact on membrane induced selectivity, and how this impact influences
biosensor performance.
In Chapter 4 I describe the development and characterization of an implantable
microbiosensor device (iMBD) for CGM in freely moving animals. In Chapter 5 I try to go
beyond fundamental biosensor research, towards a widespread utilization of amperometric
enzyme-based biosensors as bioanalytical tools. In order to be regarded as tools for in vivo
biomonitoring, all biomedical devices should assure a minimum sterility level. Therefore,
in this chapter, I evaluate the effect of several sterilization methods on the performance of
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Aim and scope of the thesis
implantable electrochemical enzyme-based biosensors for in vivo biomonitoring.
As glucose homeostasis is closely related to brain glucose regulation and diabetes has
been linked to abnormalities in brain energy metabolism. Therefore, in Chapter 6, I develop
and characterize a multiplex biosensor device for in vivo continuous and simultaneous
monitoring of brain energy biomarkers; glucose, lactate and pyruvate.
The last experimental chapter (Chapter 7) is dedicated to the first step towards enhanced
spatial resolution of electrochemical enzyme-based biosensors. I describe the development
and characterize electrochemical enzyme-based biosensors based on “miniaturizable” W-Au
microelectrodes.
Finally in Chapter 8, I summarize and discuss the most striking findings of the thesis.
Furthermore I speculate on what would be the logical next steps in development of
electrochemical enzyme-based biosensors for in vivo biomonitoring.
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CHAPTER

1

Electrochemical biosensors for in vivo glucose
biomonitoring (and beyond?)

Cordeiro, CA1,2*; de Vries, MG1; Cremers, TIFH1,2 and Westerink, BHC1,2
1
Brains On-Line BV, Groningen, the Netherlands
2
University of Groningen, Institute of Pharmacy, Groningen, the Netherlands

CHAPTER 1

1.1- Pathology and epidemiology of diabetes
1.1.1- Diabetes epidemiology
Diabetes (Diabetes Mellitus) is the 4th leading cause of death in Europe, and it is also a
major risk factor for a large number of other diseases (Jönsson 2002). In 2010 estimations
pointed to more than 285 million of people diagnosed with diabetes, of which 90% had type
II diabetes. The age groups with most prevalence are the groups 20-79 years old (for type II)
and below 20 years old (for type I). The worldwide prevalence of the disease is estimated to
increase from 2.8 to 4.4 %, in all age groups for the next 30 years (W.H.O 2016; Wild et al.
2004).
Although diabetes prevalence has been increasing since the beginning of the 20th century,
we witnessed, in the last few decades, to an acceleration of the rate of increase (up to 50%
increase in some countries) (Wild et al. 2004). The sharp increase in prevalence, especially in
the last decades, is a clear indicator that the toll of diabetes related death is likely to increase.
This has led diabetes to be referred as the black plague epidemic of the 21st century (Gadsby
2002).
The increase in prevalence is expected to take place in all age groups and in all geographical
areas. However, rates of prevalence increase (more than 80%) will be highest in Asia, Africa,
and Latin America. The cause of most concern about these numbers is the fact that this
increase will be more pronounced on the active population (between ages of 30-65).

Figure 1- Worldwide diabetes prevalence. Comparison of the incidence in 2000 and predictions for 2030 (Zimmet
et al. 2001).

The prevalence of diabetes, like any other pathology, directly depends on both duration
and incidence. The emergence of better diagnostic tools, combined with significant advances
in diabetes management are directly related with an increase in diabetes prevalence. In that
sense, not only more people are aware of the disease, but the life expectancy of patients will
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largely increase (W.H.O 2016).
Besides the aforementioned, there are several other known factors that influence diabetes
prevalence. It has been described that amongst them, age might be the most influential one.
Several studies show that prevalence increases with age, although it reaches a plateau and even
declines for very old age groups (≥ 75 years). Other factors like ethnicity, socio-economic,
lifestyle, obesity and country and place of residence (urban vs rural), also play a big role on
diabetes epidemiology, although less significantly (Gadsby 2002).
1.1.1.1- Healthcare costs of diabetes
The worldwide incidence of diabetes and the healthcare issues associated with treatment
of all patients, have a tremendous impact on world economy. In addition to the direct costs of
medical expenses, one cannot exclude the significant indirect costs, due to loss of economic
productivity (da Rocha Fernandes et al. 2015; Shaw et al. 2009).
It has been estimated that the total expenditure on health care on diabetes will range
between 213 billion and 396 billion dollars in 2025 (King et al. 1998). This implies that by
2025 the costs associated with diabetes will range from 7-13% of the total healthcare budget,
reaching up to 40% in countries where its prevalence is higher. Diabetes prevention and
effective management of diabetes should be a public health priority to reduce the financial
burden (Giannini et al. 2009; Jönsson 2002).
1.1.1.2- Type I diabetes
Although diabetes etiology can, nowadays, be very detailed, it can be divided into two
different types: Type I and Type II.
Type I diabetes (T1DM) or IDDM (insulin-dependent diabetes mellitus) is an autoimmune
form of diabetes. This type of the disease is characterized by the destruction of the β-cells
of the pancreas, which are responsible for insulin production. This results in an inability of
the organism to produce sufficient insulin, thus the inability of the organism to clear glucose
from the blood, by its uptake by the liver and white adipose tissue. Without proper insulin
treatment this type of diabetes is fatal (Fertig et al. 1995; Van Belle et al. 2011).
The onset of T1DM it is strongly correlated to genetic susceptibility. The first correlation
of diabetes with genetic factors was described in 1973, specifically with the human leukocyte
antigen (HLA) region (Noble and Erlich 2012). Since then, several studies corroborated and
extended the close correlation of diabetes with several genes (Pociot and Lernmark 2016).
Its expression depends on a certain extent on environmental factors. However its weight is
limited, especially when compared to type 2 diabetes (T2DM). The onset of the disease is
usually sudden and it occurs mainly during childhood or adolescence (Van Belle et al. 2011).
Despite innumerous efforts, this type of the disease cannot be prevented. Moreover,
its diagnosis, mainly due to its non-specific symptoms, is problematic resulting in an
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underestimation of diabetic patients. The real number of patients is believed to be about 30%
larger than the official data.
1.1.1.3- Type II diabetes
Type 2 diabetes (T2DM) or NIDDM (non- insulin dependent diabetes mellitus) is
characterized by high blood glucose as a consequence of an insulin resistance, often associated
with moderate insulin deficiency. These abnormalities on insulin regulation have, unlike for
T1DM, no autoimmune basis. Patients with NIDDM usually have higher levels of circulating
insulin, due to malfunctions of insulin receptors that in turn lead to overcompensation by
pancreatic β-cells. Eventually the β-cells become unable to maintain glucose homeostasis,
which deregulates blood glucose levels (Olokoba et al. 2012).
The cause of this type of the disease is more complex than the ones for type T1DM.
Besides a strong genetic component, environmental factors such as lifestyle and medical
conditions play a major role. It has become clear that the onset of this disease has a strong
hereditary genetically background (Florez 2016). This increases substantially the chances of
developing this type of diabetes, and several genes have been identified as being associated
to the development of type 2 diabetes. However the weight of environmental factors in the
onset of T2DM is much higher when compared with T1DM.
The role of lifestyle in this type of diabetes goes beyond its onset. Nowadays, more than
50% of the diagnosed patients suffer from obesity. It is believed that changes in lifestyle
can reduce the probability of onset the and even control the disease in its early stages.
When diagnosed in its early phase, exercise and proper diet are effective strategies for both
prevention and management of the disease (Fertig et al. 1995). Later, T2DM patients also
need frequent blood glucose monitoring for an effective management of the disease (Force
2008).
1.1.1.4- Normal glucose variations
In a healthy person, blood glucose levels largely fluctuate during the day. These fluctuations
depend on many factors, such as the timing of glucose supply (meals) and differential levels
of glucose utilization (e.g due to physical activity) (Maggs et al. 2008). Mean blood glucose
values in humans under resting conditions are between 4.4 and 6.1 mM, a state known
as euglycemia. Early in the morning, however, the concentration of glucose in the blood
is significantly lower. After a meal, glucose levels in the blood can increase up to 7 mM.
Persistent high blood glucose levels, two hours after glucose ingestion, are a symptom of
impaired glucose tolerance (≥ 7-8 mM), or diabetes mellitus (≥ 11 mM) (Association 2015).
Under certain circumstances, blood glucose concentrations can fluctuate tremendously.
Intense exercise can lead to very low concentrations (hypoglycemia)(Adams 2013), whereas
stress can lead to very high glucose concentrations (hyperglycemia) (Marik and Bellomo
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2013). In healthy humans, physiological mechanisms are at work to maintain euglycemia,
but in patients with diabetes these are less effective and may need active control by the
patient (exogenous regulation).
1.1.1.5- Endogenous glucose regulation
The body tries to maintain blood glucose levels within well-defined boundaries, by
means of a tight regulation. This tight control is mainly assured by the endocrine system,
controlled both by hormones and by direct neuronal innervations. Insulin and glucagon are
two antagonistic hormones involved in regulating the levels of circulating glucose. Glucagon
promotes an increase in blood glucose by stimulating hepatic glucose production. In contrast,
insulin promotes a decrease in blood glucose by stimulating glucose clearance from the blood
into the liver, skeletal muscles, and adipose tissue.

Figure 2 – Glucose endocrinous regulation diagram.

The liver, endocrine pancreas and adrenal glands are the major targets for efferent output
to the periphery with regard to regulation of blood glucose. To a lesser extent, the white
adipose tissue, kidneys, and skeletal muscles can also be involved in those processes. Output
from the autonomic nervous system can be neuronal in nature or humoral, regulated by
hormones present in body fluids.
The liver is the major organ in terms of biochemical processes, including those involved
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in maintaining glucose homeostasis. Besides arterial blood the liver also receives blood
directly from the intestinal tract via the portal vein. The blood from the portal vein carries
not only digested nutrients (absorbed by the intestines) but also glucagon and insulin
previously released by the endocrine pancreas. Although the liver has the ability to induce
significant glucose release, by promoting either glycogenolysis or gluconeogenesis, most of
the circulating glucose originates directly from dietary intake.
The endocrine pancreas is the source the two antagonistic hormones, insulin produced by
β-cells and glucagon produced by α-cells. A third hormone, somatostatin (released by δ-cells
and in lesser extent by the hypothalamus), inhibits the release of both insulin and glucagon.
To a certain extent the pancreas regulates the secretion of insulin and glucagon by itself,
depending on the amount of glucose that is present in the blood passing through the pancreas.
However, blood glucose can be regulated by many circulating biochemical agents, as well
as by humoral and neuronal output from the autonomic nervous system (Aronoff et al. 2004;
Gerich 1993; Tonelli et al. 2005).

1.2- Glucose monitoring in diabetes
The body has safeguard mechanisms for tight control of blood glucose levels, but these
are severely impaired in patients with diabetes. Despite all efforts, a cure for this disease
is still to be found, enhancing the need of a close monitoring of blood glucose levels, for
a proper management of the disease. It is widely assumed that careful glucose monitoring
helps to control glucose levels and slows down progression of the disease and its related
complications (Hermanides et al. 2011; McAndrew et al. 2007).
Diabetes is often diagnosed at a relatively late stage, when conservative management, is
no longer possible. At this stage, pharmacological therapy by means of insulin administration
is needed. (Battelino et al. 2011). The most typical pharmacotherapy for diabetes patients is
insulin administration, usually achieved by subcutaneously insulin administration (Hirsch et
al. 2005).
A good control of blood glucose levels of diabetic patients is clearly correlated with
an increased life expectancy. It has been described to reduce the risks of developing any
of the long-term vascular complications from large blood glucose. These long-term
vascular complications can be divided into microvascular (retinopathies, nephropathies and
neuropathies) and macrovascular diseases (severe cardio- and cerebrovascular diseases like
myocardial infarcts and strokes) (Forbes and Cooper 2013).
A good control of glycemic levels over several weeks can easily be traced back by
measuring the levels of glycated hemoglobin (HbA1c). Diabetic patients with well-controlled
glycemia have low levels of HbA1c (below 7%) and are less likely to develop long-term
diabetic complications and increase their life expectancy (Alqahtani et al. 2013).
However, keeping a close control of glucose levels is a major challenge for diabetic
patients. All diabetic patients require help to carry out this task, and its extent depends on
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the severity of the disease. Visits to an endocrinologist for health evaluation and therapy
adjustments are regular for diabetic patients.
In most of the cases, glucose must be controlled on a daily basis. Typically such control
is achieved by checking blood glucose multiple times per day. In order to do so, a large
number of diabetic patients perform “self-monitoring of blood glucose” (SMBG). This type
of glucose monitoring is crucial for therapy adjustments, prevention of hyper- and hypoglycaemia episodes and help individuals adjust their dietary intake, physical activity. The
goal of SMBG is to increase frequency blood glucose monitoring, thus improve diabetes
management. It was thought that T1DM patients have a need for higher frequency of glucose
monitoring than T2DM patients. However, recent studies showed that high frequency in
glucose biomonitoring is beneficial to both groups of patients (Benjamin 2002; Vazeou 2011).
The most common method employed for SMBG is the “finger prick”, a method that relies
on instantaneous measurements of blood glucose levels, at specific time points. However,
it requires frequent blood sampling. Although significantly refined over the decades, blood
sampling remains a painful process and still results in non-compliance by diabetic patients.
Additionally, in order to perform SMBG, it is patients need to be properly trained. Therefore
SMBG is not well suited for some patient groups like children, elderly and disabled, due to
its relative complexity (Heinemann 2008; Knapp et al. 2009).
Despite some improvements, SMBG is still based on the principles that emerged
decades ago. Disposable biosensor based test strips are still used to analyze the glucose
levels of the blood, using a glucose meter. However, over the last decades hand-held blood
glucose meters have been continuously improved and nowadays blood glucose meters are
more “user-friendly” and robust. The lancet mechanism has been improved, reducing the
discomfort levels associated with this technique. The latest glucose meters include memory
(to store blood glucose levels) and alert signs for deviations in normo- glycemia. However
these developments only refined the technique and the big disadvantages, invasiveness, hence
non-compliance, still remain (Krouwer and Cembrowski 2010; Tonyushkina and Nichols
2009; Yamada 2011).
Although increasing the frequency of blood glucose control, SMBG is not continuous.
This limitation allows unawareness of glucose excursions, especially during the night, highly
relevant for patients with large daily variations or hypoglycemia awareness. Continuous
glucose monitoring would provide a better anamnesis of each patient (Poolsup et al. 2013).
An ideal in vivo glucose monitoring technique would be minimally invasive or even noninvasive, to maximize convenience and to increase compliance. It should enable continuous
recording of the daily glucose variations for prolonged periods (≥ 1 week). These envisioned
new devices would allow saving the continuous data for retrospective readout, useful for
the development and fine tuning of an individual therapeutic plan. Eventually, these devices
would serve as input for a “closed-loop” diabetes treatment device, leading to an “artificial
pancreas” (Aye et al. 2010; Wang 2008).
The development of an artificial pancreas is still a goal for scientific community, but
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presently far from everyday use by diabetic patients. In theory this could be achieved by
coupling a measuringdevice capable of providing a reliable continuous glucose monitoring
(CGM), to a device able to selectively and accurately release insulin based on the data
acquired by the first. This closed loop circuit, would be dependent on an algorithm that would
instruct the device to infuse the necessary therapy to counterbalance glucose variations. The
adequate algorithm would be able to predict hypo/hyperglycemia events, making the patient
aware and able to take the necessary measures to regulate its glucose levels.

1.3 -Biosensors as bioanalytical tools
Biosensors are by definition analytical devices that can quantitate the amount of a specific
biochemical substance, by means of a biorecognition element coupled to a transducer. In
a biosensor, the biorecognition element selectively recognizes the target analyte and the
transducer converts the resulting physical-chemical interactions into a measurable signal
(Thevenot et al. 1999).
Biosensors are versatile bioanalytical tools that may be applicable to several different fields,
ranging from biomedical applications to material sciences, chemical industry, food sciences,
and even environmental applications (Serra 2011). The versatility of these devices is closely
related to their intrinsic properties, which is arguably the main reason for the growing interest
of these novel tools (Connolly 1995; Turner 2013). Suitable biorecognition elements are
abundantly available (both in nature and produced as the result of bio-engineering) and there
are numerous good ways to immobilize them onto appropriate transducers. High specificity
is assured mostly by the biorecognition element and assures that the biosensor is able to
recognize the target analyte in complex biological matrices. High sensitivities can be achieved
in a combination of good immobilization techniques of the biorecognition element onto a
transducer with high resolution. Biosensors are typically characterized by high specificity
and sensitivity, fast response time (second by second), ease of use (do not require exhaustive
training), compactness, and regeneration of the device (useful for continuous monitoring).
It’s the combination of these properties that make biosensors powerful bioanalytical devices
(Kissinger 2005; Song et al. 2006).
Historically, advances in biosensor technology are driven by the ongoing interest in
the fields of basic science and medical care to monitor biochemical processes in the body.
And to do this with ever increasing desire for detail. There is an everlasting need for better
biosensors. Biosensors that can be more accurate and precise, more analyte-specific, more
durable, that can measure multiple analytes simultaneously with higher temporal and spatial
resolutions, and with as little impact on the target tissue as possible (Siontorou and Batzias
2010).
Initially, biosensors used to be deployed mainly in in vitro and ex vivo approaches (e.g. to
measure glucose or other biomarkers in samples of bodily fluids). But as technology evolved,
it became possible to monitor biochemical processes in the body itself without the need to
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extract sample material. The first implantable biosensors were still rather big and therefore
could not confine their measurements to small, discrete, physiological compartments.
Fortunately, biosensor technology has been evolving tremendously and current state-of-the-art
biosensors can already monitor in vivo biochemical processes (Abel and von Woedtke 2002;
Wilson and Gifford 2005).
However, despite the large number of publications regarding biosensors development and
application, it seems that this technology didn’t quite make the transition from “the lab” to
“real world” application (Siontorou and Batzias 2010). It seems that the extensive academic
work isn’t being followed by industry. Although the first biosensors has been described more
than 60 years ago, (in 1962, by Clarke and Lyons) (Clark 1993) the amount of biosensors
commercially available is still extremely limited. There is a clear gap between academia
knowledge and industry applications, hampering the widespread use of this technology.
Nowadays, where rapid information is needed, biosensors could serve exceptionally well
in emergency situations, and/or in on-site field applications. The miniaturization of these
devices, accompanied by an increase of sensitivity and even faster response times may lead
to a dissemination of the “real” applications of these devices. Biosensor technology is a very
good example where miniaturization has been applied. Ongoing research is likely to improve
existing models in terms of accuracy, sensitivity, miniaturization, and increased portability,
expanding the scope of biosensor applications. Biosensors could in a near future, play a
big role in biomonitoring an ever growing number of key biomarkers bio-medicine. For
instance, biosensors may be useful to improve diagnostics in cancer research (protein/gene
recognition), hepatitis (DNA sensors for gene profiling) and even in cardiovascular diseases
(recognition of PDGF and Thrombin) (Mascini and Tombelli 2008).

1.4- Geometry of biosensors
The specific application of a biosensor is the main factor in the choice of a suitable
biorecognition element and its appropriate transducer. The biorecognition element ensures
selective affinity towards the target analyte and largely affects the sensitivity.
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Figure 3- Schematic representation of the working mechanism of a biosensor.

1.4.1- Biorecognition elements
Biosensor selectivity is largely determined by the choice of the biorecognition element.
Biorecognition elements can be divided into biocatalyst and affinity biorecognition
elements. Biocatalysts use natural catalysts to effect chemical transformations with analyte
consumption, like enzymes. On the other hand, affinity biorecognition elements specifically
bind to individual targets or groups of structurally related targets, such as antibodies and
DNA. Whole cells and tissues are generally considered to be different biorecognition
elements, although their selectivity is mainly assured by enzymes present in those elements
(Chambers et al. 2008).
Currently, enzymes are by far the most common biorecognition element of choice in
biosensor design (Rocchitta et al. 2016; Sarma et al. 2009). However, as more fundamental
research is performed, especially in terms of immobilizing new applications based on the
remaining biorecognition elements are growing. These include nucleic acids (Sassolas et al.
2008), antibodies (Holford et al. 2012), whole cells (Yagi 2007) and lately, also aptamers.
(Zhou et al. 2014).
1.4.2- Transducer
The transducer is the biosensor component responsible for converting the physical and/or
chemical changes by the interaction between the biorecognition element and the target analyte
into a quantifiable signal (Sethi 1994). The most commonly used transducers in biosensor
technology are by far the electrochemical ones (Pohanka and Skladal 2008). Although
the amount of biosensors based on optics (Fan et al. 2008; Ziegler) and piezoelectricity
(Skládal 2016) has significantly increased, the total amount of applications is still much
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lower compared to electrochemical biosensors. Other types, such as acoustic, calorimetric or
mechanical transducers are also employed in biosensor assembly. However, when compared
with electrochemical and even optical and piezoelectrical, its application is still residual.

1.5- Electrochemical biosensors
Electrochemistry is a surface technique characterized by small reaction volumes and
minimal analyte consumption, hence, very appealing for biosensors technology. Additionally,
electrochemistry is associated with relatively low cost, ease of use, simplicity of construction
and possibility of online measurements. Therefore, it is easy to understand why most of the
described biosensors mechanisms, involve some sort of electrochemical detection (Ronkainen
et al. 2010). Electrochemical biosensors can be classified according to the various working
mechanism (Bard and Faulkner 2000):
- Potentiometric: based on ion-selective electrodes or ion-sensitive field effect transistors.
The output signal is generated by accumulation of ions at an ion-selective membrane.
- Impedimetric: based on changes in impedance (Z), resistance (Ω), or capacitance at the
electrode surface.
- Voltammetric/amperomeric: These types of biosensors are based on changes in
current at the surface of the electrode. In voltammetry a variable potential is applied, while in
amperometry the applied potential remains constant.
Amperometry is the most widely used working mechanism in biosensor applications,
among all of the electrochemical methods. The recurrence of this mechanism is most likely
due to relative simplicity of the method and good prospects in terms of sensitivity and
miniaturization.
1.5.1- Principles of amperometry
In amperometry, the current is measured by applying a constant potential to the electrode.
The applied potential promotes oxidation/reduction of electroactive molecules at the electrode
surface in a very sensitive way (Grieshaber et al. 2008). State-of-the art electrochemical
apparatus can monitor small changes in current, down to the picoampere (pA) range (10-12A)
(Smith and Hinson-Smith 2002). This levels of sensitivity allows, in some cases, the detection
limit to be as low1 nM for highly electroactive molecules such as hydrogen peroxide (Aziz
and Kawde 2013). The relationship between the applied potential and the current generated
by the redox reaction at the electrode surface is described by the Butler-Volmer equation
(Bockris et al. 2000);
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Equation 1- Buttler-Volmer equation.
Legend: I= electrode current, A; I0 = exchange current density, A/m2 ; E= electrode potential, V ;Eeq = equilibrium
potential, V; A= electrode active surface area, m2; T= absolute temperature, K; n= number of electrons involved in
the electrode reaction; F= Faraday constant; R= universal gas constant; α = charge transfer coefficient, dimensionless.

The Butler–Volmer equation is considered one of the most fundamental relationships
in electrochemical kinetics. It describes how the electrical current of an electrode depends
on its electrode potential. However, this equation is only valid when the electrode reaction
is controlled by electrical charge transfer at the electrode surface, and not in cases when
the reaction is controlled by mass transfer. Also, there are two cases when this model has
limitations. In the low overpotential region (when E ≈ Eeq) and in the high overpotential
region (when E << Eeq or E >> Eeq). Nevertheless, the utility of this equation is wide and it
is still regarded as a key model in electrode kinetics.
In biosensor development it is common to use both voltammetry and amperometry.
Usually, voltammetry is first used to establish the optimal potential at which the redox
reaction occurs most efficient. After this has be accomplished the described potential is used
for amperometric measurements of the unknown samples, in order to maximize the analytical
power of this technique.
Voltammetry and amperometry are usually performed using a set of 3 electrodes:
- Working electrode- the monitored redox reaction occurs at the surface of this electrode.
In biosensor technology the surface of this electrode contains the biorecognition element.
- Reference electrode- this electrodes has a constant and well-known potential. The
applied potential is set by the electrochemical standard potential of this electrode. In
biosensor technology an Ag/AgCl reference electrode is the most common, due to its ease
of miniaturization and its suitability for aqueous solutions. However, Ag/AgCl electrodes
are not permanent. These type of reference electrodes need periodic regeneration and/or,
replacement.
- Counter electrode- The counter electrode is used as a current sink. The use of a counter
electrode prevents a current threshold by the reference electrode.
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Figure 4 –Typical three electrode setup for amperometric/voltammetric measurements (adapted from (Ma et al. 2013)).

The use of microelectrodes (dimensions within the 10-6 m range) is very common in
biosensor technology. Not only does it increase spatial resolution, highly relevant for
in vivo applications, but also expands the method possibilities. It allows the possibility
to work in highly resistive solutions, as they can accommodate large ohmic drops (iR),
that are challenging if macroelectrodes are employed. Additionally it enables high-speed
voltammetric experiments (due to the reduction of the double-layer capacitance) allowing
fast electron transfer. Experimental setups that include microelectrodes often employ a two
electrode setup (without counter electrode), due to the relatively low amount of current
generated at the surface (≤ 10-6 A) (Wang 1994).

1.6- Enzymes: the biorecognition element of choice
In biosensor technology, enzymes are still the biorecognition element of choice. These
type of biomolecule is very appealing due to its high intrinsic selectivity, stability, and ease
of immobilization onto the surface of a transducer. The first enzyme to be used in biosensors
was glucose oxidase (GOx), employed in biosensors for glucose monitoring. Nowadays,
GOx is arguably still the most common enzyme employed in biosensor assembly, driven
by the need to have reliable blood glucose monitoring methods, for SMBG. However, as
biosensors applications expanded, new enzymes became used as biorecognition elements
in several biosensors. These include other oxireductase enzymes from the same class such
as lactate oxidase (LOx), pyruvate oxidase (POx), glutamate oxidase (GluOx)(Cordeiro et
al. 2015). Lately, other types of enzymes have been increasingly employed in biosensor
technology, such as dehydrogenases (Jena and Raj 2006) and hydrolases. However, due to
the rapid growth in the technology immobilization techniques, it is likely that the amount of
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enzymes used in biosensor assembly to significantly grow in the future.
Enzymes are large, complex macromolecules that consist mostly of protein, associated
with a co- factor. Each enzyme increases the rate of a specific chemical reaction by decreasing
its activation energy. A great variety of different enzymes exists to account for the many
biochemical reactions that take place inside an organism. An enzyme has specific affinity for
one or just a few substrates, and catalyzes a very limited number of similar reactions. This
specificity is an essential feature for the use of enzymes in biosensors.
1.6.1- Enzyme biochemistry
Despite its relatively large molecular weight (on the kDa range), only a small portion of an
enzyme is involved in catalyzing the chemical reaction. This portion is called the active site.
The active site typically contains an organic or inorganic co-factor, which is either directly
bound or allosterically associated with the enzyme. The co-factor may have a structural or
catalytic function (i.e. carries chemical groups between substrate and enzyme) (Voet and Voet
2011).
The activity of an enzyme is based on its three-dimensional structure, electrical charge, and
degree of hydrophobicity vs hydrophilicity. This working principle, coined “Lock-and-Key”
model by Emil Fischer in 1918, explains the nature of the interaction between enzyme and
substrate. Over the years this underlying mechanisms of this interaction became clearer. It is
very complex and dynamic, as the spatial configuration of the enzyme (especially the active
site) is subject to change as part of its biochemical role.
1.6.2- Enzyme kinetics
The field of enzyme kinetics studies the rates of chemical processes mediated by enzymes.
Despite of the important role of enzyme kinetics in overall biosensor performance, its
principles are often overlooked in biosensor development.
By studying enzyme kinetics we can better understand the catalytic mechanisms. These
mechanisms can be characterized by parameters such as the substrate affinity, the activity, and
the turnover rate (Bisswanger 2008). Sufficient knowledge about the structure of a specific
enzyme is critically important to a correct interpretation of data obtained by enzyme-based
biosensors.
In biosensor technology, enzymes are often immobilized (in multiple ways) onto the
microelectrode surface (Grieshaber et al. 2008). Although very effective, the immobilization
process has significant negative impact on the enzyme properties (Cosnier 1999; Rocchitta
et al. 2016). Unfortunately, this effect is, in my opinion, insufficiently acknowledged by the
biosensor community today. A search on PubMed for four key words “enzyme biosensor
electrochemical kinetics” retrieved only 133 hits. A relatively low number when compared
with the number of hits when we remove the word “kinetics” (1620 hits). In the past decade,
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the group headed by Prof O´Neill contributed by providing some new and helpful insights on
surface enzyme kinetics (Rothwell et al. 2010).
Under certain conditions enzymatic reactions can reach saturation. This is a unique
and important kinetic property that differentiates enzymatic reactions from all other types
of biochemical reactions. Saturation occurs when all of the active sites of the enzymes
are occupied by substrate. Once saturation has been reached, adding more substrate will
not result in an increase of the reaction rate and it becomes limited by the turnover rate
(Bisswanger 2008).
The fundamental principles of enzyme kinetics were first described by Victor Henri in
1902. Only after the discovery of the logarithmic scale, in 1909, Leonor Michaelis and Maude
Menten repeated the experiment and related the reaction rate to the amount of substrate,
wrongly naming the equation that defines the kinetics of enzymes:

Figure 5- Michaelis-Menten equation for single substrate enzymes and its graphical representation. Legend Vreaction rate; S-Substrate ;Vmax- maximum rate achieved by the system (when maximum substrate saturation is
reached);Km- Michaelis Menten constant- substrate concentration at which the reaction rate is ½ Vmax.

The reaction rate has a positive linear correlation with the concentration of substrate, under
the assumptions that the enzyme concentration is constant and that substrate concentrations
are low.
The linearity of such correlation decreases with increasing substrate concentrations.
29
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Maximum reaction velocity (VMax) is achieved asymptotically, when the substrate
concentration approaches the saturation point and all enzyme molecules are bound to the
substrate. The Michaelis-Menten constant (KM) is defined as the substrate concentration at
which the reaction rate is half of VMax. The KM indicates the affinity of the enzyme for its
substrate.
Small values of KM indicate a high affinity of the enzyme for the substrate, resulting in VMax
being reached already at low substrate concentration. Importantly, immobilized enzymes (as
in biosensor development) have its intrinsic kinetic profiles significantly altered. Therefore,
the affinity of immobilized enzymes, as well as other kinetic parameters is expressed as
apparent constants (appKM, appVMax,)(O’Neill et al. 2008).
In the early days of kinetics research it was not possible to carry out non-linear regression
analysis. Therefore it was necessary to develop linear derivations of the Michaelis-Menten
model. These derivations were based on additional assumptions, and required simplification
of the model to allow the various kinetic parameters to be calculated. The most important
derivations that were in use for several decades are the Briggs-Haldane derivation, the
Edie-Hofstee diagram, the Hannes-Wolf plot, and the standard way to calculate it, i.e. the
Lineweaver-Burk linearization (Bisswanger 2008). For a long time, the Lineweaver-Burk
model was widely used in enzymetic studies. According to this model, the y-intercept is
equivalent to the inverse of VMax, while the x-intercept represents −1/KM. One of the advantages
of this model was the ability of providing a quick, visual impression of the different forms of
enzyme inhibition.
Nevertheless, all derivations, including the Lineweaver-Burk one, only minimize but
did not solve the problem of uncertainty. All of them are prone to errors when applied
experimentally. Even Linewaver-Burke linearization has its experimental limitations, as
the y-axis takes the reciprocal of the rate of reaction – in turn increasing any small errors
in measurement. The difficulty in reaching high levels of substrate [S], lead to a large
extrapolation of the kinetic parameters (Dowd and Riggs 1965).
Nowadays, advances in computing systems allow analysis of experimental data from
enzyme kinetics with non-linear regression, tools. These tools can determine the kinetic
parameters with a higher accuracy. In that sense, advances in computing systems enabled
the emergence of new mathematical models of the behavior of enzymes in membranes
(Cooney 2011). The use of the new models may lead to new insights in terms of the activity
of enzyme immobilized onto electrode surfaces, contributing to the optimization of biosensor
performance.
1.6.3- Electrochemical enzyme-based biosensors
Although enzymes are by far the most successful biorecognition element employed in
biosensors assembly, there is one group in particular that is “primus inter pares”. Enzymes
belonging to the oxidoreductases-group (EC1) are the most “popular”, in biosensor design
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(May 1999). These type of enzyme are characterized by the transferring of electrons from
the electron donor to the electron acceptor. This type of enzyme require a cofactor, usually
NADP or FAD, which recycle the electrons by reducing the enzyme.
In fact, despite the wide range of proof of concept biosensor designs, electrochemical
(amperometric in particular) enzyme-based are still the most common type of biosensors
described. And arguably, the most successful type of biosensors, especially if we confine to
in vivo applications (Wang 1999).
Enzyme-based amperometric biosensors are classified as 1st, 2nd or 3rd generation, based
on the mechanism of interaction between the enzyme and the transducer (Privett et al. 2008;
Ronkainen et al. 2010; Weltin et al. 2016).

Figure 6 – Schematic representations of the proposed electron-transfer mechanisms for 1st (a), 2nd (b) and 3rd
generation (c) amperometric enzyme-based biosensors.

The mechanism of 1st generation sensors is based on an indirect reduction/oxidation of one
of the products of the enzymatic reaction at the electrode surface. A relatively high potential
(≥ 500 mV) is needed to oxidize the target electroactive analyte, typically H2O2. However, at
such high potentials, other non-specific electroactive species are readily oxidizable, resulting
in electrochemical interference, thus lowering accuracy and selectivity (Cordeiro et al. 2016;
McMahon et al. 2004).
In 2nd and 3rd generation biosensors the applied potentials are much lower than those applied
in 1st generation. Modifications in molecular geometry, such as the incorporation of redox
mediators (2nd generation) and the implementation of “wired-enzyme” technology, through
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the use of conductive polymers (3rd generation) resulted in significant improvements in its
electron transfer mechanism. Besides its apparent low electrochemical interference, these
geometries, unlike 1st generation, also provide oxygen independent biosensors (Putzbach and
Ronkainen 2013).
In 2nd generation biosensors, electron transfer from the enzyme to the electrode is mediated
by acceptor/donor molecules resulting in lower resistance. Therefore a lower potential is
sufficient and much of the electrochemical interference can be avoided. These mediators are
often embedded into a polymeric matrix, together with the enzyme (Scheller et al. 1991).
However, mediators also interact with other electroactive molecules and they are prone
to leaching. Additionally, mediators are often unstable in either reduced or oxidized form,
and become inoperative after multiple redox cycles. Furthermore, the difficulty to correctly
assemble all of the components is a major disadvantage. It is vital to adequately align all
molecules, which in practice results in poor the reproducibility of this type of biosensors.
In 3rd generation biosensors, electrons are directly transferred from the enzyme to the
electrode surface through a conductive polymer that ‘wires’ the active center of the enzyme
to the electrode surface. Enzymes are adsorbed at the surface in a (sub)-mono layer (Zhang
and Li 2004). This geometry enables a low working potential and thereby achieves high
specificity. The use of a single layer, however, results in less enzyme being available on
the biosensor and therefore lower sensitivity. Similarly to 2nd generation biosensors, it is
imperative to precisely position all of the molecular components. However, such requirement
often leads to low reproducibility of these type of biosensors.
Advances in polymer technology allowed the emergence of the “so-called” permselective
membranes. When applied in the assembly of 1st generation biosensors, these polymeric
membranes have the ability to exclude, by charge and/or size exclusion, non-specific
electroactive species. The incorporation of these membrane significantly increased the
selectivity of 1st generation biosensors (Cordeiro et al. 2016), enabling its successful
application in in vivo biomonitoring of key biomarkers (Abel and von Woedtke 2002;
Cordeiro et al. 2015; Murphy 2006; O’Neill et al. 2008; Wahono et al. 2012; Wilson and
Gifford 2005).

1.7- CGM state-of-the-art
Although research and development of CGMs goes back to the 1970s, the first in vivo
glucose biosensor for CGM was only reported in 1982. It was tested in dogs, with moderate
success (blood glucose trends were followed by the sensor signal) (Yoo and Lee 2010).
Since then the number of experimental CGM devices (in their different stages of
development) reported in literature grew exponentially. Each different approach can be
classified depending on its invasiveness and on the technology employed. These sensors
can be classified by their invasiveness, as either invasive (totally implantable), minimally
invasive or non-invasive (Vaddiraju et al. 2010).
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Classification according to the sensing technology ranges from electrochemistry to optics,
and also includes combinatory approaches. Electrochemical enzymatic biosensors are the
most common and more successful type of sensors that are integrated in CGM devices.
Each of the strategies employed in the development of the CGM has its own advantages
and disadvantages, and is associated with its own set of technological and physiological
challenges.
1.7.1- Marketed CGM devices
Over 10 billion glucose assays are performed by diabetic patients annually. Their number
vastly exceeds the combined numbers of all other chemical and biochemical analyses
performed by humanity. The beginning of the 21st century coincided with the release of the first
CGM systems (CGMS) onto the market (DeVries 2012). Currently there are only a handful
of different commercial CGMs available with both FDA and CE approval, all invasive. Two
non-invasive CGM were marketed but eventually discontinued due to malfunctions.
Just like all other pioneering products these are very prone to failure for a variety of
reasons that ultimately lead to lack of accuracy. Nevertheless, these CGMS try to fill a
gap in glucose monitoring. All of the existing CGMS measure glucose concentrations in
the subcutaneous tissue. These devices display the rate of glucose change, the trend of
glucose variability, and some are equipped with alarms for high or low threshold glucose
concentrations (Hermanides et al. 2011; Poolsup et al. 2013; Vazeou 2011).
Clinical trials demonstrated its efficacy in lowering HbA1c in all age groups and
reducing the time spent in hypoglycemia (Garg et al. 2006). However there are still several
disadvantages that discourage the use of CGMS. The main issue concerning the use of CGMS
by diabetic patients is still its poor accuracy, especially in specific groups prone to suboptimal
therapy implementation (e.g. children, young adults) (Riveline 2011). It has been shown that
following the trend in blood glucose changes can be more helpful than to rely on the absolute
values provided by the sensor at a given time-point.
In that sense, the FDA recommends that CGMS shouldn’t be used to assess the blood
glucose concentrations, but rather assess changes in the glycemic state. In fact, despite all the
advances in CGMS technology, these devices are still only approved by regulatory agencies
to act as adjuncts in insulin therapy (Nichols and Klonoff 2007). None of the CGMS were
yet able to replace conventional SMBG methods. CGMS readings are required to be verified
by capillary glucose measurements before a decision is made to adjust medical interventions
(D’Archangelo 2008, 2009).
As a matter of fact, all marketed CGMS, apart from the recently released Freestyle
Navigator Libre, still need to be frequently calibrated with blood glucose measurements.
However, under “non- normal” conditions, even this device requires frequent calibration
(Bailey et al. 2015). The frequency of calibration largely depends on the used sensor
technology. Besides its frequency, the timing of the calibrations is as or even more important.
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Glucose values entered as a calibration point at the time of the rapid increase or fall of blood
glucose can lead to erroneous CGMS readings. Additionally, since less data is acquired while
the patient is sleeping, night values provided by the CGMS might be less accurate than those
obtained during the day (Mazze et al. 2009; Tonyushkina and Nichols 2009).
The use of algorithm that converts electrochemical signal into glucose levels that put less
weight on daytime calibrations for conversion in night time values and calibrating during
times of relative glucose stability, may improve CGMS accuracy. Since state of the art CGMS
have an alarm system incorporated, misreading due to incorrect calibrations can easily
trigger false alarms. A recent study showed that CGM data obtained during hyperglycemia
is reliable, but that CGM data obtained during hypoglycemia requires confirmation by
self-monitoring before compensatory actions are to be taken (Facchinetti et al. 2010; Krouwer
and Cembrowski 2010).
1.7.1.1- The Guardian
The Guardian was a version of Minimed’s continuous glucose monitoring system released
in the early 2010’s. The CGMS consists of a subcutaneously implanted needle-type
amperometric enzyme electrode coupled to a portable logger. It’s in vivo implantation time
was recently expanded from three to seven days. The biosensor part of the device being is
still the limiting factor for greater implantation periods (Mazze et al. 2009).
The biosensor of this CGMS consists of a first generation amperometric enzyme-based
biosensor, where GOx is immobilized onto a positively charged base electrode (+0.6 V). All
of the sensors incorporated in the several versions of The Guardian CGM system use a three
electrode setup. The sensor is enclosed in flexible polymer tubing with a side “window”
exposing the active electrode area that is covered by a polyurethane membrane. The purpose
of this membrane is to limit glucose diffusion to ensure a linear response in the concentration
range of 20-400 mg/dL, and to reduce the sensor’s dependency on partial oxygen pressure
(McGarraugh 2009).
In vitro, the precision is within 5% in the range of 50–350 mg/dl, and the response time
(t90) is 90 s. The biosensor signal is acquired every ten seconds with the average value stored
in memory every minute. The Guardian displays a measurement every five minutes, and
requires two to four calibrations per day (Keenan et al. 2009).
In 2009 Medtronic, the supplier of The Guardian, released the “Integrated MiniMed
Paradigm Real-Time”. It was the first time that a Glucose Monitoring System was combined
with an insulin pump to form a closed-loop system. This device uses a powerful algorithm,
the “Bolus wizard calculator” that automatically translates blood glucose readings from the
biosensor element into an appropriate insulin dosage to be infused by the integrated insulin
pump (Bode et al. 2004; Zisser et al.2010).
Randomized controlled clinical trials in adult type-1 patients showed that patients whose
illness was intensively managed, either by traditional pump-assisted therapy or the Paradigm
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Real-Time lowered their HbA1c. However, there was no significant difference in the decrease
in HbA1c between the two management regiments. Nevertheless the use of the Paradigm
Real-Time system significantly improved the number of subjects that reached an HbA1c
target (7%) or lower compared to pump therapy with SMBG (Mastrototaro and Lee 2009).
Recently, Medtronic has released the Enlite, a new CGMS device with enhanced features
on the device, such as smaller sensors and a novel insertion method. However, the biosensors
incorporated in the Enlite still rely on the same technology as those incorporated in the
all other CGMS by Medtronic. Although some accuracy issues were found while used in
intense exercise, the Enlite was considered very reliable for glucose monitoring under resting
conditions (Taleb et al. 2016).
1.7.1.2- The GlucoWatch G2 Biographer
The GlucoWatch G2 Biographer from Cygnus Therapeutics used a non-invasive
transdermal method, based on the principle of iontophoresis. Iontophoresis (also known as
Electromotive Drug Administration; EMDA) is a method for transdermal drug application
without the use of a needle. The method is based on locally increasing skin permeability by
application of a small electrical current.
In the case of the GlucoWatch, a small current is passed between two skin-surface
electrodes to draw ions and (by electro-endosmosis) interstitial fluid (ISF) to the skin surface
and into hydrogel pads. In the hydrogel pads the glucose-containing ISF is brought into
contact with a glucose oxidase biosensor. These pads contained a mixture of two hydrophilic
polymers, polyethylene glycol (PEG) and polyacrilic acid, cross linked with by means of an
electron beam.
The electrochemical methods required for continuous measurements were complex
and consisted of applying a constant current of 3 mA for three min to achieve the reverse
iontophoresis. Then, a constant potential of 0.42 mV vs Ag/AgCl was applied for seven
minutes to oxidize H2O2. This is followed by a second cycle on a second electrode; a running
average of the integrated current from both electrodes produces a glucose value every ten
minutes. The concentration of glucose in the transdermally extracted fluid were proportional
to the concentration of glucose in subcutaneous tissue. This device was designed with a
safeguard, as it uses two sets of similar electrodes to minimize errors. It us the running
average of these values of the two electrodes produces every glucose value. The latest version
of the GlucoWatch used a single calibration sample (McGarraugh 2009).
The GlucoWatch was able to provide near real-time readouts of blood glucose calibration
very useful for prospective glycemia analysis. Data collected can be stored to be downloaded
to a computer and used for retrospective glycemia analysis. The correlation of data obtained
through the GlucoWatch was similar to the CGMS, and generally good when compared with
SMBG. Clinical trials showed a linear relationship between the GlucoWatch readings and
serial glucose measurements. The mean absolute error between the two measurements was
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15.6% and 96.8% of the data fell in the therapeutically relevant regions of the error grid
analysis (Tamada et al. 1999).
Although the GlucoWatch is a non-invasive method, a significant amount of patients
complained about skin irritation. It was concluded that the iontophoretic current applied
caused critical disruptions of the skin surface. These complications led to the withdrawal of
this product from the market. Although accuracy is one, perhaps the limiting factor for the
success of a CGMS, the GlucoWatch is a good example that it is not the only parameter to
take into account. Moreover, it shows that even non-invasive methods can result in lower
compliances when compared with invasive methods (McGarraugh 2009).
1.7.1.3- Pendra
The Pendra was also a non-invasive CGM from Pendagron Medical, based on impedance
spectroscopy that obtained CE approval in 2004. The Pendra operated by impedance, or
dielectric spectroscopy. It was the first truly noninvasive device, in the sense that the tissue
fluid compartment of interest (in this case the microcirculation) was not violated or extracted.
The device had a power source with alternating current that induced an electromagnetic
field with low frequency (1-200 MHz). This magnetic field induced changes in impedance
in the skin and the layer of adipose tissue underneath, which are caused by gradients in
potassium and sodium concentrations. Changes in these gradients were correlated to changes
in interstitial glucose levels in those tissues. Initial encouraging clinical trial results led this
product to be released to the market in 2004. However, it was withdrawn shortly after its
introduction due to problems related to poor in vivo accuracy (McGarraugh 2009).
1.7.1.4- GlucoDay
The GlucoDay was an ex vivo invasive CGMS from Mennarini Diagnostics based on
microdialysis. A fine hollow dialysis fiber was implanted in the subcutaneous tissue and
perfused with isotonic fluid. Glucose diffuses from the tissue into the lumen of the fiber,
and the perfusate containing glucose was pumped outside the body to be analyzed by
a glucose oxidase-based electrochemical biosensor. The dialysis membrane needed to be
replaced by a new one after an implantation lifetime of 48 hours. The dialysis membrane
consists of regenerated cellulose ( i.d. 0.17 mm, o.d. 0.20 mm and molecular weight cut-off
of approximately 15-20 kDa) and the membrane fiber was reinforced against collapse by a
pair of twisted tungsten wires (Poscia et al. 2003; Varalli et al. 2003).
The glucose biosensor has the working principle of a first generation electrochemical
sensor. A platinum anode (0.4 mm ø) was melted into a glass cylinder, which was inserted
into a silver tube (cathode). The electrode was then covered by three membranes: a cellulose
acetate membrane, an enzymatic membrane and a polycarbonate membrane. The cellulose
acetate membrane allowed diffusion of hydrogen peroxide while removing potential
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interference from ascorbic and uric acid. GOx was immobilized in the enzyme membrane by
cross-linking with glutaraldehyde (0.25%) in presence of glucose (5%). The polycarbonate
membrane was glucose limiting in order to obtain a linear response. The sensor is placed
inside a wall-jet cell connected to the electronic micro-controller for programming, signal
acquisition and data storage. The Glucoday included an electronic interface for data download
and 9V battery sufficient for 48 hours of data acquisition (McGarraugh 2009; Poscia et al.
2003; Varalli et al. 2003).
The Glucoday also includes a programmable micro-peristaltic pump with an adjustable
flow rate of either 15 or 100 µL/min. The slow flow is for sample acquisition and the fast flow
is for cleaning the tubing. The disposable microdialysis probe is coupled to two reservoirs,
one for the buffer and one for the waste. The whole device is contained in a pouch that can
be worn on a belt. A stable perfusate flow is ensured by a pressure sensor. The Glucoday
requires one calibration per day.
Randomized controlled trials with diabetic patients showed that the use of the Glucoday
improves glycemic control in type-1 but not in type-2 diabetic patients (Hermanides et al.
2011; Kovatchev et al. 2008; van Bon et al. 2010).
Despite some initial commercial success, the GlucoDay and its successors disappeared
from the market around 2010.
1.7.1.5- Dexcom devices.
Dexcom has commercialized several implantable CGMS. The first CGM of Dexcom
series of CGMS was the STS system. Some of the issues of STS were fixed upon the released
of the Seven. The Seven uses invasive technology and can be implanted up to 7 days, although
some studies suggested that longer implantation periods might be possible (Garg et al. 2009;
Hermanides et al. 2011; Knapp et al.2009).
All CGMS devices commercialized by Dexcom, from the STS system to the Seven, and
lately the Gseries (G4 and G5), employ the same biosensor design.
The biosensor system isa two-electrode device with a coiled Ag/AgCl wire serving as
a counter/reference electrode. The working electrode uses immobilized GOx with oxygen/
hydrogen peroxide as the mediator. A mixed hydrophobic and hydrophilic polyurethane
membrane is applied on top to limit the diffusion of glucose and to maximize the diffusion
of oxygen. The exact structure of the polyurethane polymer was never disclosed by Dexcom,
but it included small amounts of epoxy resins (McGarraugh 2009).
The biosensor was implanted in the subcutaneous tissue of the abdomen, and it required
two hours for the signal to equilibrate. The CGMS needed to be calibrated once every 12
hours. (Garg et al. 2009).
A prospective real-life study showed similar glycemic benefits of using the Seven for
patients with type-1 diabetes compared to typical SMBG methods. (Garg et al. 2011). In this
study all subjects were provided guidance for adjusting insulin dose and/or food intake based
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on glucose trends rate of change of glucose. Patients were initially educated on trends and
pattern management while using the CGM. Although the use of the Seven did not improve
HbA1c levels, it decreased glycemic variability when compared to gold standard methods of
SMBG (Bailey et al. 2009).
The latest models released by DEXCOM are the G4 and G5. These models have significant
improvements on the algorithms and user interfaces. However, these novel CGMS have yet
to prove their efficacy. Nevertheless, preliminary results suggest that their performance
may be improved when compared with earlier versions of CGMS delivered by DEXCOM
(Christiansen et al. 2013).
1.7.1.6- Abbot Freestyle Navigator.
The latest version of the Navigator is a needle-type CGMS that can be implanted up to
five days. The sensors require four calibrations at 10, 12, 24 and 72 hours after implantation.
While early versions took approximately 10 hours for the stabilization, in the latest version,
this period was reduced to 1 hour (McGarraugh et al. 2011).
This approach uses a classical three electrode system: a working electrode, a reference
electrode and a counter electrode. The working electrode is designed as an enzyme-based
(GOx) electrochemical biosensor for subcutaneous implantation. The electron transfer
resistance is minimized by use of the second generation mechanisms in which the enzyme is
coupled to the electrode surface with a polyvinyl-pyridine polymer and entrapped osmium,
a redox mediator. This also allows the operation potential to be much lower than the one
needed for oxidation of hydrogen peroxide (+40 mV vs +700 mV). The low oxidation
potential increases the selectivity of the biosensors by reducing the interference from the
main interfering electroactive components of the ISF (namely uric acid and ascorbic acid)
(Hermanides et al. 2011; McGarraugh 2009).
In vivo tests have demonstrated a non-significant drift and consistent glucose readings
from the sensor over a period of three days after implantation (Kovatchev et al. 2008;
McGarraugh 2010).
Recently, Abbot Diabetes Care has released a new version of the Freestyle, the Libre®. It
has been described to work accurately continuously for an unprecedented extended period (up
to 14 days), without the need for regular blood glucose calibrations. However, this apparent
“calibration-free” device, still requires calibration under “non-normal” conditions, such as
hypoglycemia excursions and general fast changes in glucose levels (Bailey et al. 2015).
Although providing longer periods of read-out measurements, when compared to any
other marketed device, early reports of its efficacy are still contradictory. While some authors
show that the Libre provides reliable glucose levels, similar to exiting devices (Bonora et al.
2016), and even a positive outcome of its use in diabetic patients (Dover et al. 2016), a study
questions the accuracy of the device (Schierenbeck et al. 2016).
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1.7.1.7 - Reasons for criticism
Despite the continuous release of proof-of-concept glucose biosensors, the number of
commercially available CGMS devices on the market has stagnated in the last decade.
Additionally, none of them could yet replace the conventional methods for SMBG with
complete success.
Even with all the latest developments the CGMS currently on the market are still hampered
by lack of accuracy, an opinion shared by the regulatory agencies for safety of biomedical
devices (e.g. FDA). The current status of CGMS in diabetes management (only to be used as
adjuncts) reflects the concerns on their accuracy, thus their safety. The sources of inaccuracy
vary, depending on the specific sensing technology applied. Nevertheless, they stem from the
interaction between the device and the harsh environment of the body, whose deleterious effects
were described as biofouling (Mazze et al. 2009; Nichols and Klonoff 2007; Poolsup et al. 2013).
In recent decades the accuracy of CGMS has been improved tremendously. However,
those efforts still didn’t overcome all accuracy problems. Poor accuracy on glucose levels
provided by CGMS still leads to misjudgments on the real condition of diabetic patients.
This, in turn, may lead to erroneous adjustments in patient therapy.
Nevertheless, the effectiveness of all of CGMS in the market was evaluated in controlled
clinical trials, with diabetic patients, under proper clinical guidance. Most of the clinical
trials showed that CGMS devices showed some ability to reliably monitor glucose levels.
Although the exact levels of glucose provided by CGMS were slightly deviated from values
from SMBG, they add useful information on the dynamics of glucose variations. Some of
them even improved glycemic control of diabetic patients. However, it is acknowledge by
the scientific community and regulatory agencies, that CGMS were still not fully evaluated
and their effectiveness outside clinical environment remains unsure (D’Archangelo 2008,
2009; DeVries 2012; Facchinetti et al. 2010; Group 2006; Keenan et al. 2009; Kovatchev et
al. 2008; Mazze et al. 2009; McGarraugh 2010; Nichols and Klonoff 2007; Poolsup et al.
2013; Vaddiraju et al. 2010).
Changes in the environment can lead to significant reduction in the accuracy of these
devices. The sensing element is prone to be affected by temperature, atmospheric pressure
and sudden changes in glucose of the patient (e.g. physical exercise). State-of-the-art CGM
still need to prove their effectiveness in “real life” situations.
Additionally, all of the current CGMS have biosensors still need to be frequently replaced,
because of their life span is short (≤ 2 weeks). This will result in two major problems: the
need to a small surgical procedure on a regular basis (for sensor implantation) and increase
in the costs of the use of such devices for both health care systems and patients (Vazeou
2011). Besides the discomfort associated with frequent small surgical procedures, biosensor
implantation can trigger local reactions. These can vary from skin reactions to different
elements of the biosensor to local infections. Furthermore, scarring after sensor removal
may be annoying for young adolescents, being a source of non-compliance in this age group
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(Block et al. 2008).
Furthermore, none of the CGMS devices have yet eliminated the need for the finger prick.
In fact, all still rely on frequent blood glucose measurements for calibration (often more
than once per day), especially during non-euglycemic conditions. The need for calibration
is due to biosensor signal drift while implanted. The drift is caused by loss of sensitivity
and selectivity of the biosensor part of CGMS. Despite major improvements in algorithms,
which correct for signal drift, frequent calibrations are still essential for reliable glucose
measurements by the CGMS (Lodwig and Heinemann 2003).
The blood glucose levels for calibration of the CGMS need to be manually entered by
patients themselves. This aspect is not trivial for some groups of diabetic patients, especially
for disabled, elderly and young patients. Proper sensor use needs very good patient education.
Experience improves performance as time goes by (Mazze et al. 2009).
An often disregarded negative aspect is the high costs associated to the utilization of
CGMS devices. Additionally, due to its adjunct only status, these costs are only marginally
reimbursed if reimbursed at all (Vazeou 2011). Even if the scientific community might be
able to tackle all technological challenges, it still has to find a way to decrease the costs
associated to CGMS, in order to enable a widespread of use of these devices in diabetes
management.
Overall, the pain and discomfort associated with an intensive control of glucose levels
still remain, even after the advent of CGMS (Heinemann 2008). However a higher degree
of precision and accuracy is still necessary for CGMS to contribute for a better control of
glucose levels. Although biomedical science has come a long way in the development of
CGMs, there are some issues that need to be addressed. Only then CGMS will be able to
replace conventional methods of monitoring glucose levels.
1.7.2- Physiological challenges of CGM biosensors
The physiological environment in which invasive in vivo biosensors operate is an important
factor to take into account, when we discuss CGMS limitations. Glucose biosensors included
in CGMS are designed to be implanted in subcutaneous adipose tissue and to measure glucose
concentrations in the interstitial fluid. All the research performed with these implantable
biosensors takes into account a correlation between glucose concentrations in the ISF and in
the blood (Yoo and Lee 2010).
Initial efforts on biosensors research for CGM, was directed to measure glucose in the
blood, similar to conventional methods (Kondo et al. 1982). However the blood is a very
harsh environment for biosensors and implanting biosensors on blood vessels is not trivial.
When implanted in the blood, biosensor performance decreases rapidly. The complex
biochemical composition of the blood adds another problem, to selectively quantify glucose
(Daniloff 1999). Moreover, poor biocompatibility of the surface materials induced infections,
embolisms and in extreme cases cardiac arrests. Biosensors for in vivo implantation in the
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blood were considered unsafe and never reached clinical trials.
To implant the biosensor in the subcutaneous adipose tissue is safer (fewer hemorrhages
and lower risk of embolisms), more convenient (less complex surgeries needed), and
is generally believed to provide the same information about circulating glucose. But the
relationship between glucose concentrations in the ISF and in the blood is complex and
dynamic, although both are considered equally useful for glycemic management (Holmäng
et al. 1998; Keenan et al. 2009; Lourido et al. 2002; Mazze et al. 2009; Rosdahl et al. 1993).
Adipose tissue consists of closely packed fat cells in a meshwork of reticular collagen
fibers, and is vascularized by a rich capillary network. The capillary lumen has a diameter of
approximately 4–5µm. The basal membranes of the capillaries are in direct contact with the
cytoplasmic membrane of the fat cells. This peculiar membrane–membrane contact is only
present in adipose tissue and the central nervous system. The interstitial space is relatively
small compared to other tissues. This environment forms a diffusion barrier for glucose, but
not for oxygen (Facchinetti et al. 2007; Voskanyan et al. 2007).
In addition, the biochemical nature of the extracellular environment poses specific
challenges for biosensors to be able to accurately measure glucose levels in the adipose
tissue. The most important physiological and technological challenges are discussed below.
1.7.2.1-Selectivity
It is well know that poor selectivity of electrochemical biosensors in CGMS is one of
the main causes of their inaccuracy. It is difficult to achieve good selectivity, because in
the body there are many molecules with electrochemical properties similar to glucose, most
prominently uric acid and ascorbic acid. Several different strategies are being used to limit
the impact of interference. One of these strategies is the application of a permselective layer
onto the biosensor that is permeable to the target analyte but not to non-specific electroactive
species(Cordeiro et al. 2016; McMahon et al. 2004; O’Neill et al. 2008; Ronkainen et al.
2010; Wang 2008).
A second strategy to limit interference is to change the mechanism for electron transfer
from the biorecognition element to the transducer, in order to reduce the applied potential.
Unspecific molecules are less likely to be oxidized at a lower potential, thus an increased
selectivity is achieved.
A third strategy involves the use of a background electrode for differential recording, in
the so- called self-referencing system (Cordeiro et al. 2015). The background electrode is
placed in the vicinity of the working electrode, and generates a signal that is proportional
to the concentrations of all of the non-specific electroactive species. The current with high
analyte selectivity is obtained by subtracting the background current from the working
current. Of course, this technique works best if the currents are relatively low and the
electrodes are positioned in close proximity of each other. It is essential that the physiological
environment to which the two electrodes are exposed is as close as possible. The combination
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of permselective layers with a background sensor is a promising way to achieve superior
selectivity in biosensors for in vivo implantation.
1.7.2.2- Correlation between glucose concentrations in blood and ISF
Glucose biosensors incorporated in CGMS typically measure glucose concentrations
in ISF. The working mechanism of the CGMS is based on the assumption that the ISF
concentration of glucose is highly correlated with the concentration of glucose in the blood.
Whether this assumption is correct is still a matter of debate.
In fact several studies revealed that the relationship between glucose concentrations in the
blood and in the ISF is dynamic and very complex. It has been reported the concentration
of glucose in adipose ISF is lower than in the blood during steady-state conditions. The
extent of this difference is affected by the physiological conditions of the tissue immediately
surrounding the biosensor. These conditions include the rate of glucose utilization in the
tissue, the degree of vascularization, local blood flow, tissue damage caused by implantation,
and any tissue responses to the implanted device (Lourido et al. 2002; Schoonen and Wientjes
2003).
Studies evaluating the relationship between plasma glucose (PG) and interstitial glucose
(IG) have provided conflicting results. Some investigators demonstrated the presence of
a glucose concentration gradient between blood and ISF during steady-state conditions
between 20% and 110%. Additionally, it was found that during dynamic conditions, the
equilibration time delay between PG and IG can range from 2-3 minutes to 45 minutes. The
use of a wide variety of techniques and methods used, as well as differences in subjects/
species, in very different as experimental conditions, eg, glucose/insulin clamp possible
may be the reasons for such highly variability in the ratio. Nevertheless, most studies have
demonstrated not a constant, but a dynamic interstitial to plasma glucose gradient (the IG/
PG ratio). This implies that the IG/PG relationship is not trivial. A deeper understanding is
required if subcutaneous glucose sensing is to become an even more accurate surrogate for
PG measurements (Bolincier et al. 1992; Keenan et al. 2009; Lourido et al. 2002; Rebrin et
al. 1999; Regittnig et al. 2003; Rosdahl et al. 1993; Schaupp et al. 1999; Voskanyan et al.
2007).
It is well known that, during both steady-state and hyperglycemic conditions, the glucose
levels in the ISF are significantly lower than the corresponding venous plasma values under
resting conditions (adipose tissue 3.2 mM, plasma 5.3 mM and adipose tissue 7.3 mM,
plasma 9.9 mM respectively). However, in case of hypoglycemia, a clear decrease in IG/
PG ratio has been reported. Nonetheless, the extent of the decrease and the associated time
lag is controversial. Several investigators have noted that recovery from hypoglycemia takes
longer in IG compared with PG. However a study concerning the ISF glucose dynamics
during insulin-induced hypoglycemia showed the same decrease in IG/PG ration but no
delay in recovery from hypoglycemia. These finding may have important implications for
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the development of better algorithms for the calibration of the biosensors incorporated in the
CGMS (Rebrin et al. 1999; Regittnig et al. 2003; Schaupp et al. 1999).
Regardless, shortly after insertion of biosensors into the subcutaneous adipose tissue, the
collected samples are not in a steady state with the surrounding tissue. This is due to the
trauma caused by the implantation that results in the disruption of local blood vessels, cells,
and capillaries. Biosensor implantation results in physiological artifacts of the measurements,
due to inflammation and wound healing process. These processes in turn, have a negative
impact on biosensor performance.
It was reported that stable glucose values in the ISF were only obtained 4-6 h after probe/
sensor insertion. The implantation procedure induces changes in trans-capillary exchange
of glucose between the blood and ISF, with significant implications on local glucose levels.
Additionally, it has been suggested that device implantation by itself, may also have a
significant impact on local glucose levels, especially for hypoglecemia events, due to the
“push-pull” effect. However this correlation is not entirely understood. Nevertheless, it
is clear that physiological changes in blood glucose directly, as well as those triggered by
device implantation affect the IG/PG ratio, with clear implications in the output of CGMS
measurements. (Schoonen and Wientjes 2003; van der Valk et al. 2002).
The wound healing processes that are triggered following sensor/probe implantation
may lead to additional local glucose consumption, with implications in the trans-capillary
exchange. The implantation of sensor/probe for glucose measurements affects not only
glucose availability in the tissues but the sensor/probe itself. Inflammation due to implantation
is known to affect both probes (changes in recovery rates) and sensors (changes in sensor
performance). A good understanding of all these phenomena is crucial to interpret CGM in
the ISF.
1.7.2.3- Foreign body response
Biofouling, defined as reduced biosensor performance caused by the interaction with the
tissue, is the most important reason for the failure of biosensors upon implantation. Biofouling
starts immediately after implantation, and is causally related to the physiological processes
that are involved in wound healing, known as foreign body response (FBR). Wound healing
has four stages in chronological order: homeostasis, inflammation, repair and scar formation.
Biofouling can be characterized by the effect (mostly adverse), of the adhesion of proteins
and other biological material to the sensor surface (Cordeiro et al. 2015; Wisniewski et al.
2000; Wisniewski and Reichert 2000).
Membrane biofouling starts immediately upon contact of the sensor with the body.
Upon implantation, cells, proteins and other biological components adhere to the surface,
impregnating the pores of the membrane. These phenomena results in impaired analyte
diffusion by protein adhesion. The adhering proteins involved in membrane fouling are
thought to be involved in the modulation of long term cellular and encapsulation response by
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the body. It is known that encapsulation characteristics such as layer thickness, vascularization
and permeability can be controlled through membrane porosity/topology. In spite of the
distinction between biofouling and encapsulation it is difficult to differentiate them. Both
effects are intertwined and retard access of the sensor to analyte (Wisniewski et al. 2000;
Wisniewski and Reichert 2000).
Biosensor failure due to biofouling can be divided into two categories: component-based
failure and biocompatibility based-failure. Component-based failure is mainly characterized
by failure due to disconnection of leads, physical rupture of the membranes, and electrical
short. Biocompatibility-based failure includes degradation of membranes and enzyme,
membrane biofouling, encapsulation, and electrode passivation.
Both types of biofouling lead to the same outcome, a continuous decline in sensor signal,
and ultimately its failure.

Figure 8 – Schematic representation of the different biofouling effects in sensor failure (Wisnieski, 2000).

Up to date, there are no evidences that point to a convincing ranking in the order of the
biofouling issues leading to in vivo sensor failure. There is not a consensus on which of the
issues described above has a bigger impact on biosensor longevity, when implanted. In fact,
the relative importance of each of the problems is dependent on the design and construction
of a particular sensor.
Most of the efforts made for improving biosensor performance is focused on increasing
their biocompatibility levels (Onuki et al. 2008). Biocompatibility can be defined as the
capability of a prosthesis implanted in the body to exist in harmony with tissue without
causing deleterious changes. It is believed that an increase in biosensor biocompatibility
may reduce the FBR, thus reduce biofouling and hence increase the lifetime and accuracy of
biosensors when implanted (Soto and Schoenfisch 2015).
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Recently some strategies have been developed, aiming to increase biocompatibility of
implanted biosensors. These include surface modifications to reduce protein adsorption;
assembly of hydrogels employing adhesion ligands and growth factors; local drug delivery
strategies and physical modification strategies (Koh et al. 2011). However, biosensor
biocompatibility has not yet been fully understood. Despite several advances, a reliable
solution remains elusive.
In this thesis I tried to deepen the knowledge on the working mechanisms of amperometric
enzyme-based biosensors, focusing on those assembled on a “modified” 1st generation
technology. Based on the newly acquired knowledge, I tried to develop and characterize a
series of amperometric biosensors, for in vivo biomonitoring of key biomarkers in diabetes
management and etiology. Additionally, we tried to show that the application of these type of
biosensors can reach beyond the classical continuous glucose monitoring.
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CHAPTER 2

Abstract:
Amperometric enzyme-based biosensors, increasingly used for in vivo brain biomonitoring,
typically suffer from electrochemical interference. At the potential (≥ 500 mV) necessary
to oxidize the target analyte, often hydrogen peroxide (H2O2), non-specific electroactive
species are easily oxidizable, resulting in poor biosensor selectivity. The use of permselective
membranes, alone or in combination, is an efficient method to improve biosensor selectivity.
These membranes are thin-film polymers (nm to µm thick), able to reduce electrochemical
interference. However, the exact mechanism by which these membranes reduce interference
is not entirely understood. As membrane assembly is a surface dependent process, we explored
the putative role of surface availability in membrane-induced selectivity. We modified the
surface of microelectrodes with the most effective permselective membrane configurations
available. Microelectrodes surface was characterized by electrochemical methods and
scanning electron microscopy. All membranes reduced non-specific oxidation for all
non-specific electroactive species. However, only PmPD (poly-m-phenyenediamine) (alone
and combined with Nafion) and OPPy (overoxidized polypyrrole) were selective against
both cations and anions. Besides reducing electrochemical interference, all membranes also
reduced the sensitivity for the target analyte, H2O2. The use of membrane combinations
resulted in an additional decrease in non-specific oxidation without an increase in selectivity.
This additional decrease was highly correlated with a loss in H2O2 sensitivity, suggesting
a reduction of active electrode surface. Additionally, microscopic evaluation indicated
an intriguing “inner polymerization” process in microelectrodes coated with membrane
combinations. Our results point to a significant role of surface availability in the mechanisms
underlying membrane-induced selectivity, crucial for the design and performance of
enzyme-based amperometric biosensors.
Keywords: amperometry, permselective membranes, surface availability, selectivity, “inner”
polymerization, Scanning Electron Microscopy
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2.1- Introduction
Amperometric enzyme-based biosensors are powerful bioanalytical tools increasingly
employed in several fields, ranging from food technology and environmental biomonitoring
to biomedical applications (Arruda et al. 2009; Castillo et al. 2004; Wilson and Gifford 2005).
Within the biomedical field, these biosensors are used for biomonitoring in a wide variety of
physiological matrices (Wang 2000). In recent years, they have been successfully employed
in in vivo monitoring of neurotransmitters in the living brain (Burmeister et al. 2002; Fillenz
2005; Kulagina et al. 1999; Lowry et al. 1998a; McMahon et al. 2007; Palmisano et al. 2000;
Schuvailo et al. 2006; Vasylieva et al. 2011). However, as stated by John Lowry in the 90’s
measuring analytes in the living brain with biosensors remains a supreme technical challenge.
Amperometric enzyme-based biosensors typically convert the target analyte into an
electroactive product, often H2O2, by an enzymatic reaction (Campàs et al. 2009; Fogel
and Limson 2011), and can be classified into 1st, 2nd or 3rd generation (Castillo, 2004). First
generation biosensors rely on direct electron transfer at the electrode surface. Changes
in current at the electrode surface are related to changes in concentration of the target
analyte. Unfortunately, at high applied potentials, necessary to oxidize H2O2 (≥ 500 mV),
these biosensors are prone to suffer from electrochemical interference from the oxidation
of non-specific electroactive species present within physiological matrices. Electrochemical
interference results in low biosensor selectivity (O’Neill et al. 2008). In the case of
experimental neuroscience the major interferants are dopamine (DA), ascorbic acid (AA),
uric acid (UA) and 3-4-dihydroxyphenylacetic acid (DOPAC) (Wahono et al. 2012). While
AA exhibits the highest absolute oxidation currents, DA is the most difficult to eliminate
and has the higher oxidation current per µM (Burmeister et al. 2002; Gerhardt et al. 1984;
Oldenziel et al. 2006; Wahono et al. 2012).
An elegant alternative to reduce interference and increase selectivity in 1 st generation
biosensors is the application of permselective membranes. These membranes are able
to effectively reduce the current generated by oxidation/reduction of the non-specific
electroactive species.
Permselective membranes are typically polymeric thin films (nm to µM thick) assembled
by self- assembly (as self-assembled monolayers, SAM) and/or by electropolymerization
(Burmeister et al. 2002; Lowry et al. 1998b; McMahon et al. 2007; Moatti-Sirat et al. 1994;
O’Neill et al. 2008; O’Neill and Craig 2003; Wahono et al. 2012; Walker et al. 2007). These
membranes are thought to reduce interference by either size exclusion and/or by charge
exclusion. However, the exact mechanism of action is not entirely understood (Burmeister
et al. 2002; Wahono et al. 2012). The most effective and commonly used permselective
membranes in in vivo biomonitoring are Nafion (Burmeister et al. 2002; Maalouf et al.
2007; Moatti-Sirat et al. 1994), poly(phenylenediamine) (PPD) (Dixon et al. 2002; O’Neill
and Craig 2003; Vasylieva et al. 2011; Yang et al. 2002), and overoxidized polypyrrole
(OPPy) (Moon et al. 2013; Palmisano et al. 2000; Walker et al. 2007).
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Nafion is often employed in the construction of modified 1st generation amperometric
enzyme- based biosensors, in particular for in vivo applications. It is a negatively charged
perfluorosulfonated derivative of Teflon, an ion-exchange polymer that is presumed to selectively
block anions, but not cations (e.g. monoamines) (Gerhardt et al. 1984). Nafion thin films (nm to
µm) thick are self-assembled and highly biocompatible. However, recent studies show that Nafion
is less selective than other membranes such as PPD and OPPy (Wahono et al. 2012).
Unlike Nafion, both PPD and OPPy are assembled by electropolymerization and thought to
reduce interference by a mechanism of size exclusion. Electropolymerization is a self-limiting
process, dependent on the active electrode surface area. PPD membranes can be assembled
based on each of its 3 arene substitution patterns (o-, m-, and p-). However, PoPD and PmPD
membranes are more selective than PpPD (O’Neill and Craig 2003). Electropolymerization
of PPy results in a conductive polymer that requires an additional overoxidation step to
produce non-conductive OPPy. It has been described that OPPy membranes are able to
prevent electrochemical interference from most non-specific electroactive species, including
DA (Wahono et al. 2012; Walker et al. 2007).
Although the use of a single membrane is the most common application, a few in vivo
studies report the successful use of Nafion combined with electropolymerized membranes,
based on a layer-by- layer assembly (Santos et al. 2008; Wahono et al. 2012). Whilst the use of
membrane combinations resulted in less electrochemical interference, it did not significantly
improve selectivity.
Analyte sensitivity has been suggested by Lowry et al. as a reliable approximation of the
available surface in thin films (O’Neill et al. 2008). Several studies indicate that the assembly
of permselective membranes may result in a decrease the analyte sensitivity of H2O2 of
membrane coated electrodes. (Lowry et al. 1998b; O’Neill et al. 2008). However, it is still
unclear if and how the assembly of permselective membranes influences analyte sensitivity
and therefore electrode surface availability.
Since effective in vivo application of amperometric enzyme-based require the use of a
permselective membrane (Rothwell et al. 2010), it is our belief that a better understanding
of the mechanisms of permselective membranes and its impact on surface availability is
fundamental to develop highly sensitive biosensors with superior spatial resolution for in
vivo application. The goal of this study is to understand the role of surface availability on
membrane-induced electivity and it implications for future amperometric enzyme-based
biosensor design for in vivo applications.
Therefore, we explored the putative role of surface availability in membrane selectivity.
We modified the surface of platinum needle type microelectrodes by coating them with a
series of permselective membranes configurations. We have tested microelectrodes coated
with Nafion, PmPD, PoPD and OPPy (alone or in combination) and compared them with
bare microelectrodes. These microelectrodes were evaluated both electrochemically (by in
vitro calibration and cyclic voltammetry) and visually by scanning electron microscopy.
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2.2- Materials and methods
2.2.1- Materials
Platinum, silver, and stainless steel wires were obtained from Advent Research Materials.
Silica tube (275 µm ID, 350 µm OD), was purchased from Avantes (Appeldoorn, The
Netherlands). Nafion (5% wt in aliphatic alcohols), glutaraldehyde, o-phenylenediamine
(oPD) m-phenylenediamine (mPD), pyrrole, DA, AA, UA, DOPAC, H2O2 (35% wt) and
K3Fe(CN)6- were purchased from Sigma (St. Louis, Missouri, USA). A phosphate buffer
solution (PBS) was used containing 145 mM Na+, 1.2 mM Ca2+, 2.7 mm K+, 1.0 mM Mg2+,
152 mm Cl-, and 2.0 mM PO4- in ultrapurified water, brought to pH 7.4 with sodium
hydroxide and degassed before use.
2.2.2- Biosensor manufacturing
Needle type platinum microelectrodes (200 µm Ø x 1 mm long) were prepared in a similar
fashion as described in Wahono et al, 2012 and Cordeiro et al, 2015. The surface of all
microelectrodes (excluding the bare ones) was modified by membrane assembly and allowed
to cure for 48 hours prior to electrochemical evaluation or microscopy evaluation (Scanning
Electron Microscopy).
2.2.3- Membrane assembly
Microelectrodes were coated with either Nafion, PoPD, PmPD, OPPy, or combinations
of Nafion-PoPD, Nafion- PmPD or Nafion/OPPy. Assembly procedures used for each of the
membrane can be found in the Supplementary Information (section 6.1):
2.2.4- Microelectrode evaluation
To evaluate the role of surface availability on membrane selectivity, we have characterized
the surface of bare and modified platinum microelectrodes. Evaluation was performed
electrochemically using amperometric methods, and visually by scanning electron
microscopy.
2.2.4.1- Electrochemical evaluation
Microelectrode calibrations were carried out in PBS of pH 7.4 at 700 mV vs. Ag/AgCl using
a potentiostat (Pinnacle, model 3104 Pinnacle Tech. Inc., USA). Sensors were placed in PBS
and steady state parameters (noise and baseline) were assessed after an initial equilibration
period (approximately 45 min) when a stable current was reached. All interfering compounds
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(DA 2 µM; DOPAC 20 µM; UA 50 µM; and AA 200 µM) were added sequentially to a
constantly stirred solution, prior to consecutive additions of H2O2 (50, 100 and 200 µM)
(Burmeister et al. 2002; Wahono et al. 2012; Walker et al. 2007). We monitored changes
in oxidation currents and calculated limit of detection (LOD) and Linear Range Sensitivity
(LRS) based upon linear regression analysis.
Selectivity Coefficient (SC) (Equation 1) and Rejection Coefficients (RC) (Equation 2)
were calculated using previously described models (M. and Buck 1996; O’Neill et al. 2008):

Equation 2

Cyclic voltammetry experiments were performed in presence of either Fe(CN)63-(50 mM in
1M KCl) or H2O2 (100 µM in PBS, pH 7.4) and carried out at different scan rates (10 to 300
mV/s).
Microelectrode active surfaces were estimated according to the Randles-Sevcik equation
for reversible (Equation 3) and irreversible (Equation 4) redox systems.

2.2.4.2- Electron microscopy evaluation
All of the different microelectrode membrane configurations were visually inspected by
high definition scanning electron microscopy. Biosensor tips were fixed with double sided
adhesive carbon tape onto metal stubs. Observation and imaging was performed using a
cold filed emission scanning electron microscope (JEOL FE-SEM 6301F) at 3 kV and a
secondary electron detector (JEOL LTD. 1-2 Mushasino 3-chome, Akishama Tokyo 196). A
section of the electrode surface was cut and the thicknesses of the various layers were estimated
from the photographs by pixel analysis using the ImageJ freeware package (Version 1.47).
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2.2.5- Data processing and statistical analysis
Analytical parameters were calculated by linear regression using GraphPad Prism
5.0. Data are presented as mean+SEM (standard error of the mean). All parameters were
statistically evaluated amongst different biosensor designs and against bare electrodes either
with one-way or two-way ANOVA, according to the evaluated parameters. When necessary,
additional Bonferroni post-hoc tests were performed. p < 0.05 and p< 0.001 was considered,
statistically significant and highly significant, respectively. All statistical analyses were
performed using SigmaStat 12.0.

2.3- Results and Discussion
2.3.1- Electrochemical evaluation
2.3.1.1 - Evaluation of the electrochemical interference
Following equilibration, we have evaluated microelectrode oxidation currents (Fig 1)
in presence of the main interfering electroactive species (DA, DOPAC, UA, AA), within
its physiologically relevant levels (Burmeister et al. 2002; Wahono et al. 2012). In general,
microelectrodes exhibited low noise levels (≤ 1 nA) and low baseline currents (≤ 10 nA) (see
Supplementary Material S1). However, microelectrodes coated with OPPy exhibited higher
noise and baseline levels when compared with any other configuration (0.67+0.23 nA and
54.50+5.67 respectively vs. all; p ˂ 0.001, see Supplementary data, Table 1).
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Figure 1- Oxidation currents of microelectrodes coated with several membrane configurations exposed to
non-specific electroactive compounds. * and ** indicate a significant difference compared to bare electrodes (p ˂
0.05 and p ˂ 0.001); # and ## denotes a significant difference between Nafion coated microelectrodes and electrodes
coated with Nafion-combined designs (p˂ 0.05 and p ˂ 0.001). Data are means+SEM.

Bare microelectrodes had the highest oxidation currents regardless of the electroactive
species, especially for AA. Oxidation currents of coated microelectrodes exposed to any of
the tested interfering compounds were lower than those observed for bare microelectrodes
(p ˂ 0.001). Our results confirm that all membranes effectively reduce electrochemical
interference.
We have found no differences in the oxidation currents of coated microelectrodes when
exposed to either UA or DOPAC. However, we have found significant differences in the
response of microelectrodes coated with different membrane configurations for DA and AA
All of the tested membrane configurations, except Nafion, were reported to be selective
for all of the tested interfering compounds (Gerhardt et al. 1984; O’Neill and Craig 2003;
Wahono et al. 2012; Walker et al. 2007). Nafion is known to effectively reject negatively
charged molecules, such as AA, UA and DOPAC, but not DA. However, it was found that DA
oxidation current of Nafion coated microelectrodes was lower (14.27+1.75 nA vs. 9.46 +0.73
nA p ˂ 0.001) than observed for bare electrodes. Additionally, we found that microelectrodes
coated with Nafion in combination with PmPD and OPPy produced lower DA and AA
oxidation currents when compared with microelectrodes coated with Nafion alone (Fig 1-A;
p < 0.05).
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Although the use of a membrane combination resulted in lower oxidation for all compounds
currents when compared with electrodes coated with any single membrane, it does not
necessarily imply additional selectivity. Membrane selectivity has been described as a ratio
between the oxidation current of the interfering and analyte sensitivity (M. and Buck 1996;
O’Neill et al. 2008). Therefore, we have analyzed the performance of each microelectrode
configuration for H2O2.
2.3.1.2 - H2O2 sensitivity performance
Following IUPAC guidelines (Thevenot et al. 1999), we have monitored changes
in oxidation currents by consecutive additions of H2O2 (0 to 200 µM) in presence of all
interfering species.
We have found a reduction of the oxidation current of coated microelectrodes, when
compared with bare microelectrodes. That reduction reached statistical significance at H2O2
levels above 50 µM for microelectrodes coated with any membrane configuration except
PmPD alone (Fig 2-A). The oxidation currents of microelectrodes coated with PmPD were
only significantly different for 200 µM of H2O2 (p ˂ 0.001). In contrast, microelectrodes coated
with Nafion-OPPy had lower oxidation currents than any other membrane configuration, when
exposed to any concentration of H2O2 (p < 0.05). Microelectrodes coated with a combination
of Nafion and any electropolymerized membrane displayed lower oxidation currents than
Nafion coated microelectrodes when exposed to 200 µM of H2O2 (p ˂ 0.001).
The differences observed in oxidation currents resulted in significant differences in other
analytical parameters, such as limit of detection (LOD) and linear range slope (LRS) (Fig 2-B
and C). All microelectrodes, except those coated with Nafion-OPPy, had low LOD (≤ 3 µM)
for H2O2. The LOD of Nafion-OPPy coated microelectrodes was more than 20-fold higher
when compared to bare microelectrodes (0.11+0.02 vs 24.33+7.48 µM; p ˂ 0.001), and can
be attributed to the combination of high noise levels and low LRS.
The application of any type of membrane on microelectrode surface had a major effect
on H2O2 LRS. Bare microelectrodes had higher LRS than microelectrodes coated with any
membrane configuration (1.95+0.08 nA/µM vs. all; p ˂ 0.05 and p ˂ 0.001). Microelectrodes
coated with PmPD displayed the highest LRS of coated microelectrodes (1.37+0.12 nA/
µM). Additionally, we have found that the LRS of microelectrodes coated with Nafion in
combination with any of the other membranes was lower than microelectrodes coated with
Nafion alone (1.08+0.07 nA/µM vs. all p ˂ 0.001). The combination of Nafion with any
electropolymerized membrane resulted in a decrease in oxidation currents for both DA and
AA but also for H2O2.
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Figure 2 – Effect of the permselective membrane configurations on microelectrode performance parameters A: H2O2
calibration curve (5, 10 25, 50 100 and 200 µM). B: Limit of detection (LOD) for H2O2. C: H2O2 sensitivity (LRS).
* and ** indicate a significant difference compared to bare electrodes (p ˂ 0.05 and p ˂ 0.001); # and ## indicate a
significant difference between Nafion coated microelectrodes compared to electrodes coated with Nafion-combined
designs (p ˂ 0.05 and p ˂ 0.001), respectively. Data are means+SEM.

Microelectrodes coated with Nafion-OPPy exhibited very low sensitivity towards H2O2
(0.05+0.01 nA/µM). Although very effective against electrochemical interferences, these
microelectrodes were also very effective in reducing H2O2 oxidation.
Interestingly, the differences observed in oxidation currents and LRS amongst the
different membrane configurations, did not affect the linearity of microelectrodes coated
with any membrane configuration. Linear regression analysis showed that all membrane
configurations exhibited very high determination coefficients (R2≥0.99). The application of
any of the membranes apparently did not limit the diffusion rate of H2O2 from the bulk to
the microelectrode surface. It has been reported that the assembly of PPD membranes had no
effect on H2O2 diffusion rate (O’Neill et al. 2008). Our results suggest that this characteristic
can be extended to all other membranes, alone or in combination, independently of its LRS.
Changes in analyte sensitivity are closely related to changes in active electrode surface
(O’Neill et al. 2008). Our results show that surface modification with any permselective
membrane has a negative impact on analyte sensitivity. The decrease in analyte sensitivity,
without compromising analyte diffusion, points towards a reduction of electrode active
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surface due to membrane assembly. The use of combined membranes results in even lower
analyte sensitivities, probably due to an additional decrease in active electrode surface.
The assembly of electropolymerized membranes depends on the access of the monomers
to reach the electrode surface. The oxidation of the PPD and pyrrole at the electrode surface
triggers the chain reaction responsible for the polymer formation. Microelectrodes coated
with Nafion in combination with either PPD or OPPy produced lower oxidation currents for
both major interfering species (AA and DA) and target analyte (H2O2) than Nafion coated
microelectrodes. These results suggest that PPD and OPPy polymerize on the surface left
available after the application of Nafion, thus reducing electrode active surface. The PPy
polymerization on Nafion-coated microelectrodes drastically reduces the electrode active
surface. Electropolymerization of PPD is self-limiting, in contrast to PPy. The polymer PPy
is conductive and therefore keeps “growing” as long as current is applied to the electrode
surface (Ramanavicius et al. 2005). Our data suggests that, instead of assembled in a classical
LBL manner (Qin et al. 2008; Wahono et al. 2012), the electropolymerised membranes grow
underneath the existing Nafion membrane. They may even displace Nafion from the electrode
surface. Evaluation by scanning electron microscopy supported these findings (see section 3.2).
Based on the presented results, we propose that the effectiveness of permselective
membranes in reducing electrochemical interference is partially due to a significant and
membrane dependent decrease in active surface of the electrode.
2.3.1.3 - Selectivity and Rejection Coefficients
To further investigate the putative role of surface availability on membrane
selectivity we have calculated both selectivity (SC) and rejection coefficients (RC) for all
membrane configurations and all electroactive species. SC specifies how much a given
membrane-modified sensor responds to an interfering analyte relatively to the target analyte,
and RC specifies how much a membrane is able to reduce the interference as compared to
bare electrodes. Effective permselective membranes should have a low SC and high RC
(O’Neill et al. 2008; O’Neill and Craig 2003).
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Figure 3-Selectivity Coefficient (SC) for the microelectrodes coated with various membrane configurations for
the major non-specific electroactive species in the brain (Dopamine, 2 µM, DOPAC 20 µM; Uric acid 50 µM and
Ascorbic acid, 250 µM). * and ** indicate a significant difference or difference compared to bare electrodes (p ˂ 0.05
and p ˂ 0.001). Data are mean+SEM.

Bare electrodes were slightly selective towards DOPAC and UA (SC ˂ 80%), but not
selective towards AA (SC ~ 100%) or DA (SC ≥ 350%). The use any of the membrane
configurations resulted in an decrease in SC, hence increase in selectivity, of all of the
non-specific electroactive species, with the exception of DA (Fig 3).
Despite the fact that all membranes effectively reduced DA oxidation currents, not all
were selective for DA. Only microelectrodes coated with PmPD, OPPy and Nafion-PmPD
displayed a significantly lower SC for DA when compared with bare electrodes (P< 0.001).
The most selective membrane for DA was PmPD (SC ≤ 5%). These results are in line with a
recent comparative study performed by Wahono et al. (Wahono et al. 2012) and confirm that
PmPD is the most efficient membrane to eliminate electrochemical interference in the brain
environment.
The high selectivity of PPD has been assigned to a close and orderly packing of the
macromolecular chain in PD films. While some authors favor PoPD (O’Neill and Craig 2003),
our results support the conclusions from Wahono et al., favoring PmPD. Selectivity of OPPy
has been attributed to the second step of the polymerization procedure, where a carbonyl group
is introduced into the polymer backbone. Its high electron density seems to act as a barrier
and repels both anions and cations (Wahono et al. 2012). Instead, the selective properties of
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Nafion have been attributed to the negative charge of the self-assembled polymer (Gerhardt
et al. 1984). Although effective in avoiding interference of negative species (AA, UA and
DOPAC), negatively charged Nafion membranes may attract cations like DA (Wahono et al.
2012).
Interestingly, we have found that combination of Nafion, with either PPD or PPy, resulted
in microelectrodes less selective for DA (higher SC) when compared to electrodes coated with
either P (m- or o-)PD or OPPy alone. These results are in line with earlier findings (Wahono
et al. 2012), and suggest the existence of an different assembly, rather than a clasical”layerby-layer” (LBL) assembly of combined membranes.

Figure 4 - Rejection Coefficients (RC) for the tested microelectrodes coated with permselective layers for major non
-specific electroactive species in the brain (Dopamine, 2 µM, DOPAC 20 µM; Uric acid 50 µM and Ascorbic acid,
250 µM) and target analyte (H2O2, 50 µM). * and ** denotes a significant difference or highly significant difference
between Nafion coated microelectrodes compared to electrodes coated with Nafion-combined designs (p ˂ 0.05 and
p ˂ 0.001, respectively). Data are mean+SEM.

The calculated RCs (close to 100%) show a nearly complete rejection of DOPAC, UA and
AA for microelectrodes coated with any membrane configuration (Figure 4 B, C and D).
We haven’t found any differences in the RC for those non-specific electroactive species, for
microelectrodes coated with any of the membrane configurations.
However, we have found significant differences in the RC of dopamine. (Fig 4-A).
As expected, microelectrodes coated with membranes selective against DA (PmPD,
OPPy, Nafion-PmPD) displayed high RC, very close to 100%. Nonetheless, we have also
observed significant RC (≥ 30%) for microelectrodes coated with membrane configurations
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non-selective against DA (Nafion, PoPD, Nafion- PoPD and Nafion-OPPy). Microelectrodes
coated with Nafion-OPPy even had a nearly complete DA rejection (RC ~ 100%). Interestingly,
microelectrodes coated with Nafion in combination with either PPD or OPPy had higher RC
for DA (P˂ 0.001) when compared with microelectrodes coated only with Nafion. Membranes
non-selective against DA (SC > 100%) were also effective in reducing oxidation current and
had a rather high RC for DA.
Although all tested membranes were reported as permselective (i.e. rejecting interference
but not target analyte) we found that all coated microelectrodes had significant rejection of
H2O2. All membranes configurations displayed an H2O2 RC between 40% and 80%, with
the exception of microelectrodes coated with Nafion-OPPy, which had a nearly complete
rejection of H2O2. Additionally, we have found that microelectrodes coated with Nafion in
combination with either P(m- or o-)PD or OPPy had significantly higher RC of H2O2, than
microelectrodes coated only with Nafion. These results might be explained by an additional
coverage of the microelectrode surface, due to the polymerization of either P(m- or o-)PD
or OPPy. These polymers would occupy the surface left available after Nafion assembly,
reducing the access, but not diffusion of H2O2 to the electrode surface. This would explain
the low H2O2 LRS displayed by microelectrodes coated with membrane combinations.
Even though all membranes effectively reduced electrochemical interference, none was
truly selective. Besides reducing oxidation current form interfering species, all membranes
also reduced target analyte (H2O2) sensitivity. These results show that membrane assembly
causes a reduction of available surface with implications on membrane selectivity. The role of
surface availability in selectivity is membrane dependent, and more pronounced in membrane
combinations. Membrane selectivity is, at some extent, defined by surface availability.
Our results challenge the generally assumed LBL membrane assembly. An additional
decrease in oxidation currents observed in membrane combinations of both target analyte
and major interfering species points to a further reduction of the microelectrode active
surface. This might be caused by an “inner polymerization” of either P(m- or o-)PD or OPPy
following Nafion assembly.
2.3.1.4- Voltammetry evaluation
To further evaluate the impact of membrane assembly in surface availability we performed
additional electrochemical characterization. Cyclic voltammetry has been widely used for reliable
estimation of electrode active surface (Jarzabek and Borlowska 1997; Trasatti and Petriii
1991). Therefore, all microelectrodes configurations were submitted to cyclic voltammetry
analysis in presence of a redox probe (Fe(CN)63-, at different scan rates.
Our data revealed that the assembly of any membrane configuration (except OPPy)
resulted in the shift from a classical reversible redox system to an irreversible system (∆Ep ≥
0.059/n.V) (Fig S1 and S2). It seems that membrane assembly resulted in sluggish electron
transfer kinetics(Wang 1994). Although the assembly of OPPy also resulted in a small shift
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of both the anodic and cathodic peak potential (Ep,a and Ep,c), it was not as dramatic as for
the other membrane configurations. The residual charge of these electrodes (supported by
the high noise and background current observed) may explain the behavior of OPPy coated
microelectrodes.
Based on the data obtained throughout voltammetry characterizations, we have plotted the
peak current (ip) vs square root of the scan rate (v1/2) (Fig S3). The use of the Randles-Sevcik
model allowed us to estimate electrode active surface for each microelectrode configuration
(Table 1)

Fe(CN)63-

Table 1- Analytical Parameters estimated based on an Ip (A) vs v1/2 (V/s) plot, using the Randles-Sevcik models (Eq.
3 and Eq. 4).
Bare

Nafion

PoPD

PmPD

OPPy

Nafion-PoPD

NafionPmPD

NafionOPPy

Slope

1.05x10-4

3.19x10-6

2.71x10-5

4.77x10-5

1.99x10-5

6.3x10-7

4.7x10-7

5.0x10-8

R2

0.999

0.997

0.999

0.998

0.968

0.999

0.936

0.975

Active Surface (cm2)

6.49x10-3

1.73x10-4

1.47x10-3

2.87x10-3

7.22x10-4

3.82x10-5

2.89x10-5

3.45x10-6

Slope

2.88x10-6

1.83x10-6

1.74x10-6

2.60x10-6

2.10x10-6

1.10x10-6

1.48x10-6

8.57x10-7

0.998

0.988

0.992

0.995

0.994

0.991

0.990

0.996

R2
Active Surface (cm )

6.54x10

Roughness Factor*

--

H2O2

2

H2O2LRS per Active
Surface- µA/cm2

-3

4.18x10

3.97x10

5.89x10

4.69x10

2.50x10

3.08x10

1.95x10-3

0.63

0.60

0.90

0.72

0.38

0.46

0.29

-3

-3

-3

-3

-3

-3

Mean SEM Mean SEM Mean SEM Mean SEM Mean SEM

Mean

SEM

Mean

SEM

Mean SEM

0.30

0.24

0.03

0.25

0.02

0.02

0.01

0.25

0.02

0.22

0.04

0.23

0.02

0.21

0.03

0.01

*- Geometrical area of the microelectrodes is 0.006459 cm2.

While the surface of bare electrodes was similar to its geometrical area (0.0064 cm2),
microelectrodes coated with any permselective membranes displayed an unexpected, much
lower active surface. The larger molecular weight of ferricyaninde, when compared to
H2O2, thus higher steric hindrance, may be lead to a decrease in analyte diffusion leading
to an underestimation of the real active surface. This underestimations seems to be largely
enhanced in Nafion coated microelectrodes.
The extremely low active surfaces for Nafion coated electrodes maybe attributed to
the charged nature of Nation. The negative charge of the membrane is likely to function
as an additional diffusion barrier, in mechanism similar to the reduction of electrochemical
interference. It has been described that, in defined conditions, Nafion can act as an ion
diffusion barrier. It seems that for Nafion coated microelectrodes, the diffusion coefficient of
the ferricyanide is probably much lower than expected. Nevertheless microelectrodes coated
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with membrane combinations have a lower electrode active surface than any membrane
configuration assemble alone. This observation suggests, once again, that the decrease in
oxidation current for both target analyte and electrochemical interference observed in
membrane combinations may be due to an additional reduction in surface availability.
Due to the unexpected behavior of membrane coated microelectrodes in presence of
ferricyanide, we also performed cyclic voltammetry in presence of H2O2 (Miao et al. 2014;
Song et al. 2010).
Our data (Fig S4 and S5) show that unlike observed for ferrycianinde, there was no
significant difference in the Ep,a between bare and coated microelectrodes, in presence of
H2O2. Once again we have used the Randle-Sevcik model to estimate the active surfaces
for each microelectrode configurations, based on the Ip vs v1/2 plot (Fig S6). We did not
observe differences in the estimated active surface of bare electrodes estimated in presence of
either ferricyanide or H2O2. However, we found differences in the estimated areas of coated
microelectrodes, using the two redox probes
Active surfaces for coated microelectrodes estimated in presence of H2O2 were higher
when compared with estimations made in presence of ferricianide. These differences were
largely enhanced (up to 103 folds) in the case of Nafion coated membranes.
All membrane coated microelectrodes displayed lower active surfaces when compared
to bare microelectrodes. Microelectrodes coated with PmPD displayed the highest active
surfaces. Interestingly, microelectrodes coated with membrane combinations had lower
active surfaces when compared with microelectrodes coated with a single membrane.
Finally we calculated the LRS for H2O2, normalized for microelectrode active surface. Our
results show that all coated microelectrodes display lower sensitivity than bare electrodes.
This suggests a decrease in analyte diffusion for coated microelectrodes. However we didn’t
observe any significant differences in the normalized LRS amongst coated microelectrodes,
except for Nafion-OPPy coated microelectrodes. These data clearly shows that the
membrane-dependent decrease in sensitivity is closely related to an effective decrease in
electrode active surface.
In all, the additional electrochemical evaluation supports the hypothesis that membrane
assembly results in a membrane-dependent decrease in surface availability, enhanced in the
case of membrane combinations. Additionally, our results suggests that the use of classical
redox probes for estimation of electrode active surfaces in coated microelectrodes may not
be trivial.
Since all implantable biosensors are prone to biofouling (Wisniewski and Reichert 2000),
we pretend to evaluate in the near future the effects of biofouling on surface dependent
membrane-induce selectivity.
2.3.2- Evaluation of the surface by scanning electron microscopy
To study membrane morphology and its influence on microelectrode surface availability,
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we have evaluated microelectrode surfaces using scanning electron microscopy. Coated
microelectrodes were evaluated intact and in cross-section in order to examine layer thickness.
The electron microscopy images revealed a complete coverage of the electrode by all
membrane configurations (Fig 5). However, there were significant membrane-dependent
differences in surface morphology. Microelectrodes coated with Nafion (Fig 5A) had
a smooth surface, with a layer thickness of 3.1 µm. The thickness of Nafion membranes
assembled on electrode surfaces is reported to be in μm range (Hashemi et al. 2011; Jusoh
et al. 2012; Sotomayor et al. 2002). However, these dimensions may vary, depending on
polymerization and curing procedures. Our Nafion membranes were much thicker than any
of other electropolymerized layers (PmPD, PoPD and OPPy) (3.1 vs 0.06; 0.08 and 1.8 µm,
respectively).

71

2

CHAPTER 2

Figure 5 – Scanning electron microscopy of a cross section of microelectrodes coated with various permselective
membrane configurations at magnified 250 x. The thickness of each membrane configuration is displayed in the top
right of each figure. Insert- Detail of the cross-section using higher magnification (10000 x)
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Both PPD membranes( m- and o-) were thinner than OPPy (0.06 and 0.08 vs. 1.8 µM)
but comparable between each other and in line with values (˂ 0.1 µm) reported (Osborne and
Hashimoto, 2004)(O’Neill and Craig 2003). We observed morphological differences in the
surface of microelectrodes coated with either PoPD or PmPD. Electrodes coated with PoPD
(Fig 5B) membranes had a darker contrast than PmPD (Fig 5C) coated microelectrodes. This
darker coloration might be due to a more compact and more ordered polymer, allowing less
penetration and less reflection of the emitted electrons. PoPD coated electrodes exhibit lower
selectivity and rejection coefficients than PmPD membranes. Our results suggest that PmPD
membranes are more structured than PoPD membranes. These features might explain the
better selectivity, with less impact on the active electrode surface.
Microelectrodes coated with OPPy (Fig 5D) exhibited a very rough, relatively thick (1.8
µm) and irregular surface. The roughness of OPPy membranes has been previously reported
and could be observed at naked eye (Wahono et al. 2012; Walker et al. 2007). However,
a more detailed observation (10.000 x) revealed a well-organized “fishnet-like” structure
(Figure 5D, insert). According to the literature the selectivity of OPPy is due to size exclusion
caused by the formation of closed channels implicating that analytes can only pass/migrate
by diffusion (Farrington and Slater 1997). Our observations do not support that hypothesis.
The “fishnet-like” structure of the outer portion of OPPy is unlikely to act as an effective
barrier. That distinctive structure lies on top of a much thicker and denser inner layer that
covers almost the entire electrode surface. We assume that the inner layer, rather than the
“fishnet-like” structure, is the one responsible for the selective properties of OPPy.
Unexpectedly, Nafion-OPPy coated electrodes did not have the typical “fishnet-like
“structure observed in OPPy coated microelectrodes. Instead, Nafion-OPPy coated
electrodes exhibited a generally homogeneous and smooth surface, interrupted by “irregular
holes” (Fig 5G). A closer inspection revealed that those “holes” are actually covered with
another material (presumably OPPy), creating “irregular depressions” rather than “holes”.
Cross-section evaluation exposed two different layers, embedded on each other. Although the
Nafion membrane has been assembled prior to OPPy polymerization, the later has apparently
polymerized underneath the already existing membrane. We hypothesize that OPPy
membranes occupy the surface left available after Nafion assembly. The polymerization of
OPPy underneath Nafion reduced drastically the electrode active surface. This phenomenon
explains the low oxidation currents for all tested analytes (including H2O2) of microelectrodes
coated with Nafion-OPPy.
Similar to OPPy, PPD membranes also polymerized underneath the early assembled
Nafion membrane. The surface of microelectrodes coated with either Nafion-PoPD or
Nafion-PmPD was smooth and mostly covered with Nafion. However, on some parts of the
surface either PoPD or PmPD was visible, suggesting a possible displacement of Nafion by
PPD polymerization. The thickness of combined membranes of Nafion with either PoPD
(2.8 µm), PmPD (2.0 µm) or OPPy (3.5 µm) was not different from the thickness of Nafion
membrane alone (3.1 µm), and is much thicker than any of the single PPD layers. The inner
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polymerization implies that Nafion is on the outside, even in combination with either PPD
or OPPy. Nafion membranes are negatively charged, able to attract cationic species like
DA. The inner polymerization phenomena, exposed by scanning electron microscopy, can
explain the lower selectivity of combined membranes towards DA. Besides attracting
DA from the bulk to the surface, Nafion can conceal the selective properties of PPD
and OPPy, since most of the electrode surface is covered with the charged membrane.
Moreover, inner polymerization most likely affects the conformational structure of the later
assembled membrane, hence its performance.
Additionally, our scanning electron microscope evaluation questions the classical
layer-by-layer model that has been described for such membrane combinations, in which
the second polymerized membrane is supposed to be localized “on top” of the first membrane
(Wahono et al. 2012). The suggested “inner polymerization” phenomenon has not been
previously reported. Electropolymerization reactions are self-limiting and largely dependent
on the electrode surface. Inner polymerization implies a significant reduction in active
electrode surface. Moreover, it reveals that surface availability plays an important role in
membrane selectivity, especially in membrane combinations, whose active surface is much
lower when compared with single membranes.
Although membrane thickness seemed to be membrane dependent, we haven’t observed
a correlation between thickness and H2O2 sensitivity (Fig S7).

2.4- Conclusion
All membrane configurations evaluated were very effective in reducing electrochemical
interference. Assembly of any permselective membrane configuration reduced the
oxidation currents of all tested non-specific electroactive species. Microelectrodes coated
with membrane combinations were more effective in reducing the interference by the
major non-specific electroactive species: AA and DA. However, only PmPD (alone or in
combination with Nafion) and OPPy were selective against all non- specific electroactive
species.
Nevertheless, all membranes both reduced the sensitivity and effectively rejected
H2O2. Interestingly, membrane combinations displayed both higher RC and lower
sensitivity for H2O2 than single membrane configurations.
Additional electrochemical evaluation revealed that the decrease in analyte sensitivity was
related to a decrease in electrode active surface. The assembly of any membrane configuration
has a negative impact on surface availability. This effect is membrane dependent, enhanced in
membrane combinations, and has an active role in membrane-induced selectivity. Although
more efficient in reducing electrochemical interference, membrane combinations do not
increase selectivity. Instead, the additional reduction in electrochemical interference is due
to an additional decrease in the active electrode surface, caused by a previously unknown
“inner polymerization” phenomenon.
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Taken together, the presented evidence point to an unprecedented role of surface
availability in membrane-induced selectivity.
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2.6- Supplementary Material
2.6.1-Membrane assembly
Nafion assembly: Nafion was applied manually by dipping the electrode tip for 10 s
followed by drying at room temperature for 20 s. This procedure was repeated 10 times. The
electrodes were annealed at 175 ºC for 4 min (Wahono et al. 2012c).
PoPD and PmPD: PPD was applied by cyclic voltammetry (CV) scan technique. For the
electroplymerization 5 mM of the monomer (o- or m-) in 100 mM PBS pH 7.4 was used.
Electroploymerization was carried out by scanning the potential from +200 to +700 mV with
a scan rate of 20 mV/s over 200 cycles (Cordeiro et al. 2014; Wahono et al. 2012c).
Overoxidized polypyrrole (OPPy): Polymerization of PPy was carried out with 200 mM
pyrrole in 100 mM PBS at pH 7.4 by holding the potential at 850 mV with reference to a
Ag/AgCl electrode for 300 s. OPPy was overoxidized at a constant potential at 850 mV vs.
Ag/AgCl in 100 mM PBS at pH 7.4 during 6 h, until the steady-state current was recorded
(Wahono et al. 2012c; Walker et al. 2007).
Combined membranes: We have coated Nafion modified electrodes with an additional
electropolymerized layer, either PoPD, PmPD or OPPy. Electropolymerization procedures
applied were similar to those described for bare electrodes.
2.6.2-Amperometry steady state parameters
Table 1- Steady state analytical parameters for bare and coated microelectrodes. * and ** Indicate significantly different
when compared to bare electrodes (p˂0.001 and p˂0.05). Data are expressed as mean±SEM.
Noise levels (nA)
Design

Baseline (nA)

Mean

SEM

Mean

SEM

Bare (n=7)

0.08

0.02

4.52

0.41

Nafion (n=8)

0.06

0.05

4.42

0.70

PoPD(n=9)

0.17

0.09

4.84

0.63

PmPD (n=7)

0.08

0.01

7.43

0.47

OPPy (n=9)

0.67 **

0.23

54.50**

5.67

Nafion-PoPD (n=8)

0.08

0.06

3.14

0.57

Nafion-PmPD (n=8)

0.08

0.02

6.13

0.71

Nafion- OPPy (n=9)

0.57**

0.26

12.24**

1.36
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2.6.3-Voltammetry evaluation
Voltametry evaluation was performed using two different probes, the classical FeCn and
the target analyte for amperometric enzyme based biosensors, H2O2.
2.6.3.1- Ferricynide
All microelectrodes were submitted to cyclic voltammetry in presence of 50 mM of redox
probe (Fe(CN)63- ) at different scan rates (10 to 300 mV/s).

Fig S1- Typical voltamograms for bare and coated microelectrodes in presence of 50 mM of Fe(CN6)3- scanned at 50 mV/s.

Fig S2- Typical voltamograms for Nafion coated (alone or in combination) microelectrodes in presence of 50 mM of
Fe(CN6)3- scanned at 50 mV/s.

Based on the data obtained from the voltamograms, we plotted Ip (A) vs v1/2 (V/s).
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Fig S3- Ip vs v1/2 plot for all microelectrode configurations, based on the voltamograms performed in presence of
Fe(CN)63- (50 mM) at increasing scan rates (10 to 300 mV/s).

The slope of the Ip vs v1/2 plot was used to estimate the electrode active surface, based on
the Randles- Sevcik model.
2.6.3.2- Hydrogen Peroxide
Besides the voltammetric evaluation in presence of the classical redox probe, ferricyanide,
we also performed a series of cyclic voltammetry experiments in presence of the target
electroactive specie in amperometric enzyme-based biosensors, H2O2.
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Fig S4- Typical voltamograms for bare and coated microelectrodes in presence of 100 µM of H2O2 scanned at 50
mV/s.

Fig S5- Typical voltamograms for Nafion coated microelectrodes (alone or in combination) in presence of 100 µM
of H2O2 scanned at 50 mV/s.

Based on the data obtained from the voltamograms, we plotted Ip (A) vs v1/2 (V/s).
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Fig S6- Ip vs v1/2 plot for all microelectrode configurations, based on the voltamograms performed in presence of
H2O2 (100 µM) at increasing scan rates (10 to 300 mV/s).

The slope of the Ip vs v1/2 plot was used to estimate the electrode active surface, based on the
Randles-Sevcik model.
2.6.4-Influence of membrane thickness on LRS
In order whether membrane thickness influenced the sensitivity of the different
microelectrode configuration, we have plotted the sensitivity as a function of each membrane
thickness (assuming a thickness of 0 for bare electrodes).

Fig S6- Sensitivity of each microelectrode (LRS to H202, nA/µM) configuration plotted as a function of its membrane
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thickness (µM).

The low correlation coefficient (0.54) denotes an independency of the LRS from its
membrane thickness.
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CHAPTER 3

Abstract:
Amperometric enzyme-based biosensors, increasingly used in experimental neuroscience for
in vivo biomonitoring, typically suffer from electrochemical interference. At the potential
(≥ 500 mV) necessary to oxidize the target analyte, often hydrogen peroxide (H2O2),
non-specific electroactive species are easily oxidizable, resulting in low selectivity. The
use of permselective membranes is an elegant method to improve selectivity, thus in vivo
performance. Recently, we presented evidence that electrode surface availability plays a
critical role in membrane-induced selectivity. Here, we investigate the impact of surface
availability on the performance of implantable amperometric enzyme-based microbiosensor.
We evaluated needle-type glucose amperometric microbiosensors, assembled with
permselective membrane configurations with distinct surface availabilities. The biosensors
were characterized by electrochemical methods and by scanning electrode microscopy
(SEM). While SEM evaluation did not reveal major changes in the surface amongst the
different designs, the use of a simplified Michaelis-Menten model allowed us to identify
significant differences in key biosensor performance parameters. Although biosensor affinity
(appKM and Linear Range (LR)) was not affected by membrane-induced variations in surface
availability, Linear Range Sensitivity (LRS) and Maximum Current (IMax ) were dependent
on the electrode active surface. The use of a normalization of the kinetic model to correct
for electrode active surface allowed us to calculate surface independent kinetic parameters
(SI IMax and SI appKM). Interestingly, interpretation of these data revealed a strong dependency
of IMax but not appKM on electrode active surface. We show that, in addition to its role in
membrane-induced selectivity, surface availability, determined by the choice of permselective
membrane, regulates biosensor performance.
Keywords: surface availability, amperometry, enzyme-based biosensor, biosensor kinetics,
scanning electron microscopy, implantable
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3.1-Introduction
Amperometric enzyme-based biosensors are powerful bioanalytical tools successfully
employed in several fields, from environmental biomonitoring to biomedical sciences (Castillo
et al. 2004) (Wang 2000). Recent advances in surface chemistry allowed an exponential
increase in the number of biorecognition elements liable to be coupled to suitable transducers
(Gruhl et al. 2013). Despite a rapid growth in proof-of-principle biosensors, electrochemical
enzyme-based biosensors (amperometric in particular) are still the most successful (Turner
2013; Wilson and Gifford 2005).
Recently, various amperometric biosensors were developed for acute and sub-chronic
continuous in vivo glucose monitoring (Castle and Ward 2010; Feldman et al. 2003; Pickup
et al. 2005; Wang 2008). The increasing success of these types of biosensors led to a
dissemination of the technology to new applications, ranging from critical care biomonitoring
to experimental neuroscience (Arredondo et al. 2012; Song et al. 2006). This fast expansion
is mainly due to an improved time (≤ 1 s) and space (µm) resolution when compared with
state-of-the-art brain biomonitoring techniques such as microdialysis and imaging techniques
(PET, MRI and NMR)(Byrnes et al. 2014; Haller et al. 2014; Lang et al. 2014; Li et al.
2013). These features, combined with high selectivity (provided by the enzyme), ease of
use and liability to miniaturization, make these devices very appealing tools for in vivo brain
biomonitoring.
Amperometric enzyme-based biosensors have been successfully employed in in vivo brain
biomonitoring of glucose (Ahmad et al. 2008b; Lowry et al. 1998a; Vasylieva et al. 2011b),
glutamate (Burmeister et al. 2002; Oldenziel and Westerink 2005; Qin et al. 2008; Wahono et
al. 2012), lactate (Cordeiro et al. 2015; Palmisano et al. 2000), γ-aminobutiric acid (GABA)
(Niwa et al. 1998), uric acid (O’Neill and Lowry 1995; Zhang et al. 2005), dopamine (DA)
(Njagi et al. 2010), and acetylcholine and choline (Mitchell 2004).
These biosensors rely on the oxidation/reduction of an electroactive product (often
H2O2) of an enzymatic reaction at the electrode surface at a fixed potential (Thévenot et al.
1999). Typically, but not exclusively, the enzymatic reaction is mediated by an oxidase and
these biosensors can be classified according to its detection mechanism into 1st, 2nd and 3rd
generation.
First generation biosensors rely on direct electron transfer at the electrode surface.
Unfortunately, due to the high applied potentials (≥ 500 mV) necessary for an efficient oxidation
of the electroactive product, these biosensors are prone to electrochemical interference by
non-specific oxidation. In both 2nd and 3rd generation biosensors electrochemical interference
is suppressed by using alternatives methods to direct electron transfer, thereby lowering
the working potential (Castillo et al. 2004; Murugaiyan et al. 2014). However, mediator
degradation, chemical instability (in 2nd generation) lower reproducibility and sensitivity (3rd
generation) limits their in vivo application.
The incorporation of permselective membranes in 1st generation biosensors assembly is
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an elegant solution to overcome electrochemical interference (Wahono et al. 2012).
These membranes are thin polymeric films (nm to µm thick) and can be assembled by
self-assembly (as self-assembled monolayers (SAM) and/or by electropolymerization.
Permselective membranes effectively reduce the current generated by oxidation/reduction
of the non-specific electroactive species, thereby increasing biosensor selectivity. The most
commonly used permselective membranes in in vivo biomonitoring are Nafion (Burmeister
et al. 2002; Maalouf et al. 2007; Moatti-Sirat et al. 1994), poly(phenylenediamine) (PPD)
(Dixon et al. 2002; O’Neill and Craig 2003; Vasylieva et al. 2011b; Yang et al. 2002), and
overoxidized polypyrrole (OPPy) (Moon et al. 2013; Palmisano et al. 2000; Walker et al.
2007). However, besides reducing non-specific oxidation, these membranes are also effective
in rejecting the target analyte (H2O2) by reducing electrode active surface (Cordeiro et al.
2016).
Typically, amperometric enzyme-based biosensors use oxidoreductases (EC 1), particularly
oxygenases (EC 1.13). The list of enzymes used in biosensors for in vivo applications of
amperometric biosensors is vast and includes amongst others, lactate oxidase (Cordeiro et
al. 2015; Hu and Wilson 1997b; Rocchitta et al. 2013), pyruvate oxidase (Cordeiro et al.
2015), glutamate oxidase (Kulagina et al. 1999; Oldenziel et al. 2006; Pomerleau et al. 2003;
Vasylieva et al. 2011a; Wahono et al. 2012), ascorbic acid oxidase (Kulagina et al. 1999)
and glucose oxidase (Ahmad et al. 2008b; Feldman et al. 2003; Fillenz and Lowry 1998; Hu
and Wilson 1997a; Kiyatkin and Lenoir 2012; Roche et al. 2011). Glucose oxidase (GOx)
is often used as a model enzyme, including biosensor studies (Dixon et al. 2002; Sasso et
al. 1990; Wang et al. 2005). Here, using GOx as a model enzyme, we try to understand the
role of surface availability modulated by permselective membranes in the performance of
amperometric enzyme-based biosensors. These enzymes oxidize its substrate by transferring
a single electron from molecular oxygen (O2) to the receptor resulting in the production of
hydrogen peroxide (H2O2) (Equation 1).
				

Substrate + O2

Product + H2O2

Equation 1
For enzyme-based electrochemical biosensors, and assuming a large and constant
co-substrate (O2) concentration, the current is determined by the flux of the product (H2O2)
from the enzymatic hydrogel to the electrode surface (O’Neill et al. 2008). With a constant
analyte loss to the “bulk”(Lowry et al. 1994), enzyme conversion of rate can be calculated as
current by relating VMax to IMax (Equation 2).
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Equation 2
The Michaelis-Menten based model proposed by Lowry and his colleagues allows
an accurate calculation of both relevant kinetic parameters (appKM KM and IMax) and key
parameters in enzyme-based biosensor performance (linear range (LR) and linear range slope
(LRS)) (O’Neill et al. 2008) (McMahon et al. 2006).
However, this model does not take into the account the reduction in surface availability
by the use of permselective membranes (Cordeiro et al. 2016). As the oxidation current is a
function of the flux of H2O2 to the electrode surface, changes in active surface are likely to
affect biosensor kinetic parameters.
Previously, we have successfully investigated the role of surface availability on membrane
induced selectivity. Now, we investigated the impact of surface availability, modulated by
the use of permselective membranes, on the performance of amperometric enzyme-based
biosensors. Therefore, we characterized, both electrochemically (by in vitro calibration) and
visually (by scanning electron microscopy) glucose enzyme-based amperometric biosensors,
assembled with different permselective membrane configurations, each with distinct electrode
active surface.

3.2- Materials and Methods
3.2.1- Materials
Platinum, silver, and stainless steel wires were obtained from Advent Research Materials
(Oxford, England). Hydrogen peroxide (35% wt), Glucose Oxidase (GOx) (EC 1.1.3.4)
(Type X-S 10 KU, Asperillus niger) Nafion (5% wt in aliphatic alcohols), bovine serum
albumin (BSA), Glutaraldehyde (GA), o-phenylenediamine (oPD), m-phenylenediamine
(mPD) pyrrole, glucose, ascorbic acid, uric acid, dopamine and 3,4-dihydroxyphenylacetic
acid were purchased from Sigma- Aldrich (Zwijndrecht, The Netherlands). PBS was used
containing: 145 mM Na+, 1.2 mM Ca2+, 2.7 mm K+, 1.0 mM Mg2+, 152 mm Cl-, and 2.0 mM
phosphate in ultrapurified water, at pH 7.4 (equilibrated with NaOH) and degassed before
use.
3.2.2-Biosensor manufacturing and membrane assembly
Needle type platinum wire electrodes (0.2 mm Ø x 1 mm long) were prepared as described
(Cordeiro et al. 2016; Cordeiro et al. 2015; Wahono et al. 2012). Microelectrode surfaces were
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initially functionalized with a permselective membrane (Nafion PmPD, PoPD, OPPy and
membrane combinations) as previously described (Cordeiro et al. 2016; Wahono et al. 2012)
and sub sequentially modified with an hydrogel comprising an enzyme (GOx) cross-linked
with GA and BSA.
3.2.2.1- Enzymatic hydrogel assembly
Microelectrodes functionalized with a permselective membrane configuration were coated
manually under an optical microscope with an hydrogel of GOx (0.2 U/µL) cross-linked with
GA (0.125%) and BSA (1%) (Cordeiro et al. 2015).
The hydrogel was coated using a tiny drop of the mix produced with a Hamilton syringe
(Hochst, Germany). Fully assembled biosensors were allowed to cure for 48 hours prior to
calibration.
We have assembled glucose biosensors with the following configurations:
-Pt/Nafion/GOx
-Pt/PmPD/GOx
-Pt/PoPD/GOx
-Pt/OPPy/GOx
-Pt/Nafion-PmPD/GOx
-Pt/Nafion-PoPD/GOx
-Pt/Nafion-OPPy/GOx
3.2.3-In vitro calibration
Microelectrode and microbiosensor calibrations were carried out in PBS of pH 7.4 at 700
mV vs. Ag/AgCl using a potentiostat (Pinnacle, model 3104 Pinnacle Tech. Inc., USA). The
sensors were placed in PBS and steady-state parameters (noise and baseline) were assessed
after an initial equilibration period (approximately 45 min). All interfering compounds (DA
2 µM; DOPAC 20 µM; UA 50 µM; and AA 200 µM) were added to a constantly stirred
solution, prior to consecutive additions of glucose (0.02, 0.05, 0.1, 0.2, 0.5, 1, 2, 4, 8, 16 and
32 mM) and H2O2 (5, 10, 25, 50, 100 and 200 µM). (Burmeister et al. 2002; Wahono et al.
2012; Walker et al. 2007).
3.2.4- Scanning electron microscopy
All microbiosensor configurations were visually inspected by scanning electron
microscopy. For microscopy sensor tips were fixed with double sided adhesive carbon tape
onto metal stubs. Observation and imaging was done using a cold filed emission scanning
electron microscope (JEOL FE-SEM 6301F) at 3 kV and a secondary electron detector
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(JEOL LTD. 1-2 Mushasino 3-chome, Akishama Tokyo 196). A section of the coating on the
electrode surface was removed by abrasion and the thicknesses of the various layers were
estimated from the photographs by using the ImageJ freeware package.
3.2.5- Data processing and statistical analysis
Analytical and kinetic parameters were calculated by non-linear regression using
GraphPad Prism 5.0. Noise and limit of detection (LOD) were calculated by linear regression,
whereas linear range (LR), linear range slope (LRS), apparent Michaelis-Menten constant
(appKM) and maximum current intensity (IMax) were calculated using non-linear regression,
using a Michaelis-Menten derived kinetic model (O’Neill et al. 2008) Data are presented
as mean+SEM (Standard Error of the mean). All parameters were statistically evaluated
amongst different biosensor designs and against bare electrodes either with one-way or
two-way ANOVA, according to the evaluated parameters. When necessary, additional
Bonferroni post-hoc tests were performed. p < 0.05 and p< 0.001 was considered statistically
significant and highly significant, respectively. All statistical analysis were performed using
SigmaStat 12.0.

3.3- Results and Discussion
3.3.1- Electrochemical evaluation
3.3.1.1- Steady-state parameters and electrochemical interference
After its immersion on a constantly stirred beaker, all microbiosensors were allowed to
equilibrate, prior to the assessment of the steady-state parameters and subsequent in vitro
calibration. Noise levels and baseline currents were low for most of the biosensor designs (≤0.1
nA and ≤10 nA respectively) (see Supplementary Information, Table 1). However Pt/OPPy/
GOx biosensors had higher baseline currents than any other biosensor design (27.82±4.58
nA, p>0.001 vs. all). Recently, we showed that platinum needle-type microelectrodes coated
with OPPy had higher noise and baseline levels than all other tested membranes (Cordeiro et
al. 2016). This can be attributed to a previously reported incomplete overoxidation of OPPy
(Wahono et al. 2012; Wang et al. 2005) in combination with a highly irregular surface of the
membrane (Blanc et al. 1978; Loto 2012).
We monitored the changes in biosensor oxidation currents in response to the addition of
the most relevant non-specific electroactive species, at physiological relevant concentration
(Burmeister et al. 2002; Cordeiro et al. 2016; Cordeiro et al. 2015; Wahono et al. 2012).
All glucose microbiosensors displayed very low oxidation currents for all non-specific
electroactive species, negligible when compared with bare electrodes (see Supplementary
Information, Fig 1). Moreover, the changes in oxidation currents observed in response to
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the addition of non-specific electroactive species were very similar to those observed with
microelectrodes coated only with those same permselective membrane configurations alone
(Cordeiro et al. 2016).
The application of the enzymatic hydrogel on microelectrodes coated with effective
permselective membrane had no significant effect on the selective properties of any of the
membrane configurations used in biosensor assembly.
3.3.1.2- Glucose performance evaluation
We monitored the changes in oxidation currents of the biosensors in response to the
exposure of increasing glucose concentrations (0.02 to 8 mM). In vitro calibration of the
biosensors revealed a Michaelis-Menten like profile for all microbiosensors, regardless of the
permselective membrane configuration (Fig 1 A).
We have found a strong correlation (R2 ≥ 0.99) between oxidation currents and glucose
concentration for low glucose levels (≤ 2 mM) for all biosensor configurations (Fig 1 B).
However, this linearity decreased with the increase in glucose concentrations. Oxidation
currents leveled off at high concentrations, (≥ 8 mM), although different biosensor designs
reached different plateaus (Fig 1B). Biosensors coated with Nafion or P (m- and o-)PD
membranes had higher oxidation currents when exposed to high glucose levels (≥ 16 mM , p≤
0.05), when compared with biosensors coated with either OPPy or membrane combinations
(Nafion-P (o and m) PD and Nafion-OPPy).

Figure 1- Oxidation currents for amperometric enzyme-based glucose biosensors assembled using different
permselective layers in response to increasing concentrations of glucose. A: Complete calibration range (0.02 to 32
mM) B: Linear range (0.02 to 2 mM). Data are expressed as mean +SEM.
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The use of non-linear regression analysis and a simplified kinetic model allowed us to
calculate the most relevant biosensor performance parameters (O’Neill et al. 2008). The
LOD, LR, LRS, IMax and appKM, were estimated for every glucose microbiosensor design
(Table 1). Although some studies estimated JMax (McMahon et al. 2007; O’Neill et al. 2008;
Rothwell et al. 2010; Wang et al. 2005), we chose to calculate IMax instead (O’Neill and
Craig 2003). JMax is used preferentially when there is a need to compare biosensors based on
different surface geometry (McMahon et al. 2004), unlike the biosensors we describe here.
Evaluation of the estimated kinetic parameters revealed significant differences for some of
the performance parameters amongst the tested biosensor configurations.
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R2

KM(mM)

0.99

3.76±0.70

684.3±40.51

IMax (nA)

app

218.92±71.79

1.88±0.35

LR (mM)

LRS (nA/mM)

1.61± 0.33

LOD (µM)

Nafion
n=8

0.99

3.62±0.90

965.0±75.32

266.20±83.13

1.81±0.45

1.63±0.32

PoPD
n=9

0.99

3.32±0.68

953.1±60.12

286.56±87.61

1.66±0.34

2.82±1.54

PmPD
n=8

0.98

3.17±0.91

477.5±41.44

150.48±45.48

1.58±0.45

167.42±63.45

OPPy
n=9

0.98

2.53±0.35

348.2±13.98

137.30±39.38

1.26±0.17

8.66±2.76

Nafion-PoPD
n=8

0.99

2.62±0.55

294.9±18.02

112.34±32.46

1.31±0.27

7.41±2.29

Nafion-PmPD
n=8

0.99

2.78±0.27

32.3±0.9

11.60±3.40

1.39±0.13

24.15±6.02

Nation-OPPy
n=8

Table 1- Calculated in vitro analytical and kinetic parameters of the glucose biosensors (limit of detection (LOD), apparent Michaelis-Menten constant (appKM), maximum
current (IMAX), linear range (LR) and linear range slope (LRS)). Data are presented as mean+SEM
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All microbiosensors, with the exception of OPPy coated biosensors (alone or combined
with Nafion) had a low LOD for glucose (≤ 10 µM). Microbiosensors previously coated with
OPPy (either alone or combined with Nafion) displayed higher (at least 10 fold) LOD than
any other configuration (167.42±63.45 and 24.15±6.02 µM respectively vs all, p≤ 0.001). The
combination of high noise levels, due to a highly irregular surface combined with remarkably
low oxidation currents could explain the high LOD of OPPy based biosensors.
We did not observe differences in appKM nor in its derivative LR, amongst all tested
glucose biosensor configurations. The choice of permselective membrane, thus electrode
active surface (Cordeiro et al. 2016), did not affect biosensor affinity. Nevertheless, all
microbiosensors had a much higher affinity towards glucose than freely diffuse enzyme (circa
25 mM) (Wang et al. 2005). The affinity of the biosensor can be affected and modulated by
several factors, and it is argued that the immobilization method is one of the most important
parameters (Dixon et al. 2002; O’Neill et al. 2008; Sasso et al. 1990). We found a relatively
low appKM, thus high affinity, likely due to the enclosure of the enzyme in a hydrogel matrix,
independently of the permselective membrane(s). The reported appKMvalues are within the
same range to those reported for biosensors whose enzyme was immobilized in an hydrogel,
despite its large design dependent variation (from 5µM up to 32 mM) (Ahmad et al. 2008a;
Cordeiro et al. 2015; Lowry et al. 1994; Rocchitta et al. 2013; Rothwell et al. 2010; Salazar
et al. 2010; Schuvailo et al. 2006; Vasylieva et al. 2011a).
Although the choice of membrane configuration had no effect on affinity, it had a major
impact on other kinetic parameters. Biosensors assembled with Nafion/OPPy exhibited the
lowest IMax, (at least 10 fold lower 32.30 ± 0.90 nA vs. all, p≤0.001). Nafion-OPPy based
microbiosensors also displayed a much lower LRS than any other biosensor configurations
(11.6+3.4 nA/mM vs. all p≤0.001). Additionally, glucose microbiosensors assembled with
permselective membranes in combination with Nafion had lower LRS than biosensors
assembled with single electropolimerized membranes (P(m- and o-) PD and OPPy).
Besides differences in LRS, we have also found differences in IMax amid the tested
biosensor configurations. Biosensors coated with P(m- or o-) PD displayed a similar IMax,
higher than any other biosensor configuration (965.0±75.3 and 953.1±60.1 nA respectively
versus all; p≤0.001). Nafion coated biosensors had an IMax lower than PPD but higher than
any other biosensor configuration (684.3±40.5 nA vs. all p≤0.001). Biosensors coated with
combined membranes (Nafion-PoPD, Nafion- PmPD and Nafion-OPPy) exhibited lower IMax
than biosensors based with any membrane applied alone (p≤0.05).
As brain extracellular glucose levels are reported to range between 0.3 and 2 mM (Ahmad
et al. 2008a; Lowry et al. 1998b; Rocchitta et al. 2013), all of the biosensors designs, except
those coated with Nafion-OPPy, should be suitable for in vivo brain glucose biomonitoring.
Besides biosensors coated with Nafion-OPPy, all biosensors displayed low LOD combined
and suitable LR beyond physiological brain glucose levels.
Overall, our data demonstrate that biosensors assembled based on membranes with higher
surface availability displayed higher oxidation currents in presence of the glucose. Biosensors
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based on membrane combinations are less sensitive than those assembled with single
permselective membranes. We show that, besides well-known parameters such as geometry,
size and enzyme loading, surface availability modulated by the choice in permselective
membrane, has also a major impact on biosensor performance.
3.3.1.3- Hydrogen peroxide (H2O2 ) evaluation
Recently we demonstrated that the assembly of different permselective membrane
combinations results in significant differences in electrode active surface (Cordeiro et al. 2016).
Besides monitoring changes in oxidation in response to increasing glucose concentration,
we have also monitored changes in current in response to increasing H2O2 levels to further
understand the role surface availability in the performance of fully assembled biosensors.
Therefore we evaluated the response of biosensors in the presence of H2O2.
We observed significant differences in oxidation currents when biosensors were exposed
to high levels of H2O2 (100 and especially 200 µM) (Fig 2-A). Biosensors coated with
Nafion-OPPy had the lowest oxidation currents when exposed to the target analyte, H2O2.
The low H2O2 oxidation currents observed explain why these type of microbiosensors were
the ones with the lowest glucose sensitivity.
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Figure 2- Evaluation of the performance of several biosensor designs in the presence of hydrogen peroxide (H2O2)
A: H2O2 calibration curve (5, 10 25, 50 100 and 200 µM). B: Limit of detection (LOD) for H2O2. C: Analyte
sensitivity (LRS) for H2O2. * and ** indicate a significant difference when compared with the indicated biosensor
designs (p ˂ 0.05 and p ˂ 0.001); Data are expressed as Mean±SEM.

There were no differences in oxidation currents between biosensors coated with PmPD
or Nafion. However, biosensors coated with either membrane had higher oxidation currents
than any other configuration for high H2O2 levels (≥100 µM, p≤0.05). Additionally,
biosensors coated with Nafion, had higher oxidation currents than biosensors coated with
Nafion in combination with other membranes (P (m- or o-)PD or OPPy). Despite differences
in oxidation currents and analytical parameters, we observed a linear correlation between
oxidation current and H2O2 concentration for all biosensor configurations for the entire
calibration range (Fig 2-A).
However, variations in oxidation currents in response to increasing H2O2 levels resulted
in significant differences in the estimated analytical parameters. Our data show low LOD (≤
2 µM) for all of the biosensor configurations, with the exception of biosensors coated with
Nafion-OPPy (23.46 + 14.66 µM vs. all; p≤0.001) (Fig 2-B).
We also found differences in the LRS among the tested biosensors (Fig 2-C). Biosensors
coated with OPPy had lower LRS than biosensors coated with PmPD (p ≤ 0.001). Moreover,
biosensors coated with Nafion in combination with either P(m- or o-)PD or OPPy had
lower LRS than biosensors coated with Nafion alone (p< 0.05). There were no significant
differences in the LRS between PmPD and PoPD coated biosensors, nor between P(m- and
o-) PD and Nafion coated biosensors. These results are strikingly similar to those obtained for
microelectrodes coated with those same permselective membrane configurations (Cordeiro
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et al. 2016).
The application of an enzymatic hydrogel on top of electrodes functionalized with
permselective membranes did not affect surface availability, thus electrode active surface. In
fact, microbiosensors with higher H2O2 sensitivity, hence higher surface availability displayed
higher oxidation currents in presence of glucose. Our data show that, surface availability,
modulated by the choice of permselective membrane configuration appears to have a major
impact in biosensor performance and may regulate its kinetics.
3.3.1.4- The role of surface availability on biosensor kinetics
A derivation of the classical Michaelis-Menten equation adjusted to enzymatic
electrochemical biosensors was proposed by Lowry and his colleagues relating VMax to Imax
(O’Neill et al. 2008) (Dixon et al. 2002; McMahon et al. 2006). This model has been widely
applied in determining the kinetics of enzymes immobilized on the surface of macro and
microelectrodes. We too have used this model as a starting point to evaluate the putative role
of surface availability in biosensor kinetics. According to this model, the relation between
VMax and IMax relies on the fact that H2O2 generated by the immobilized enzyme is detected
at the electrode surface, while its bulk concentration is zero (O’Neill et al. 2008; Rothwell
et al. 2010). It is the flux of H2O2 produced by the enzyme to the electroactive surface that
determines the measured current. It has been suggested that differences values of IMax (as we
observed in Table 1), determined under the same conditions reflect differences in the activity
of enzyme immobilized on the electrode surface. However this assumption is only valid
when the sensitivity of the electrode to the target analyte, H2O2 does not differ substantially
(O’Neill et al. 2008; Rothwell et al.2010). Notably, our data show that biosensors assembled
based on different permselective membrane configurations, display significant differences in
H2O2 sensitivity, thereby identifying an additional factor to be added to the model proposed
by Lowry. In that sense, we believe that differences in IMax amongst the tested biosensor
designs may be related to differences in biosensor active surface, rather than enzyme activity.
As the active surface of a microelectrode is related to the slope of the primary analyte,
H2O2 (Cordeiro et al. 2016; O’Neill et al. 2008) we propose a modification of the model
described by Lowry and associates (Equation 2), to correct for biosensor surface availability.
The model we propose (Equation 3) takes into account the different active surfaces of
biosensors coated with different permselective membrane configurations, by normalizing
biosensor oxidation currents according to its sensitivity for H2O2 (Slope HP).

Equation 3
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This model provides the kinetic properties of the biosensors independently of their active
surface, by the calculating surface independent (SI) kinetic parameters (SI appKM and SI IMax).
The interpretation of these parameters allows us to deduce the kinetic properties of enzymes
immobilized onto microelectrode surfaces, independently of its surface availability.
Normalization of the oxidation currents obtained for consecutive addition of glucose
did not change the Michaelis-Menten profile observed for in vitro calibration. However, the
significant differences in oxidation currents observed for biosensors in response to glucose
additions (See Fig 1 A) disappear once corrected for the surface availability. We have not
found any differences amid all biosensor configurations in the normalized oxidation currents
(I(S)/Slope HP), for the entire calibration range (Figure 3). These results suggest that the
oxidation currents of in presence of glucose are dependent of surface availability and are
modulated by the choice of permselective membrane configuration.

Figure 3- Normalized glucose oxidation currents (I(S)/Slope (H2O2) of amperometric enzyme-based glucose
biosensors assembled with different permselective layers, using Equation 2. Data are expressed as Mean±SEM.

The use of non-linear regression analysis coupled to the proposed model (Equation 2)
allowed us to estimate both surface independent parameters (SI appKM) (SI IMax). However we
did not find significant differences in the surface independent parameters among the tested
biosensor designs (Table 2).
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Table 2- Calculated Surface independent kinetic parameters (Surface Independent
independent IMax (SI IMax)) Data are expressed as mean+SEM.

KM(SI appKM) and surface

app

Nafion
n=8

PoPD
n=9

PmPD
n=8

OPPy
n=9

SI appKM(mM)

3.74+0.36

3.47+0.61

3.35+0.67

3.13+0.37

2.56+0.35

2.57+0.32

2.96+0.93

SI IMax

0.52+0.015

0.56+0.035

0.49+0.032

0.49+0.017

0.49+0.019

0.46+0.013

0.61+0.056

0.99

0.99

0.99

0.98

0.98

R2

Nafion-PoPD Nafion-PmPD Nafion-OPPy
n=8
n=8
n=8

0.99

0.99

The absence of differences in SI appKMsuggests that enzyme affinity is not dependent
on the biosensor active surface. Instead, it implies that the immobilization method may be
the most determinant parameter in both biosensor (appKM) and enzyme affinity (SI appKM).
Consequentially, LR, an appKM derivative, may also be independent of biosensor surface
availability but may be dependent on the enzyme immobilization method.
Besides a similar SI appKMamong biosensors assembled with different permselective
membrane configurations (i.e. different surface availabilities) we also did not find significant
differences in SI IMax. Interestingly, the normalization of the oxidation currents for its active
electrode surfaces eliminated the significant differences found in IMax, among the different
biosensor configurations. These data indicate that, contrary to what we observed for the SI
affinity constants (SI appKM and LR), both IMax and its derivative LRS are dependent on
the electrode active surface. These evidences imply that, surface availability, modulated
by the choice of permselective membrane, has a significant impact in the performance of
amperometric enzyme-based biosensors. In fact the choice of permselective membrane,
decisive in biosensor design, may be even more relevant than previously anticipated. Not only
determines the selectivity of implantable enzyme-based biosensors, but it is also involved in
the regulation of key biosensor analytical and kinetic parameters.
3.3.2- Evaluation by scanning electron microscopy
Apart from electrochemical evaluation, to further characterize its surface, we have
analyzed the microbiosensors by means of scanning electron microscopy. In related studies,
this imaging technique has facilitated the understanding of membrane morphology and its
interaction with the surface of the microelectrode (Calia et al. 2009; Hashemi et al. 2011).
Here, microbiosensors were evaluated both intact and by cross-section.
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Figure 4 - Scanning electron microscopy visualization (250x) of the cross section of biosensors assembled with
different permselective membrane configurations. The thickness of the membrane configuration is displayed in the
top right of each figure, α: hydrogel thickness β: hydrogel + membrane thickness.
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The data presented (Fig 4) show that all biosensors, with the exception of OPPy coated
ones, are completely and homogeneously covered. However, we noticed differences in the
thickness of the modified surface and thickness of the hydrogel. Biosensors coated with
OPPy/GOx were significantly thicker (8.5 µm) than any of the other biosensor configurations
(≤ 6 µm). We have observed that P(m- and o-)PD based biosensors were slightly thinner than
any other (2.5 and 2.9 µm thick respectively). No significant differences were seen between
the thickness of biosensors coated with Nafion alone (5.0 µm) or combined with any of the
electropolymerized membranes PoPD (4.2 µm), PmPD (4.3 µm) or OPPy (5.0 µm).
OPPy/GOx coated biosensors were the only ones with a significantly different hydrogel
thickness and morphology. Its thickness reached up to 6 µm, 3 fold higher than any other
biosensor (1.6 to 2 µm) and microscopy evaluation revealed a highly irregular globular surface.
In the fully assembled OPPy-coated biosensors we did not observe the characteristic “fishnet”
structure reported recently reported (Cordeiro et al. 2016). Instead, we observed a globular
hydrogel surface which is very different from the smooth hydrogel surface observed for all
other biosensor designs. The irregular surface observed in the OPPy coated microelectrodes
most likely resulted in an increase in exposed area resulting in more efficient enzyme loading.
However, our electrochemical evaluation did not show any increase in the performance in
OPPy coated biosensor, rather an impairment. Probably the higher enzyme loading enabled
by an increase in exposed surface of OPPy coated microelectrodes was counteracted by an
agglomeration of enzyme protein in a globular structure (Fig 4 D). Moreover, the differences
observed in membrane thicknesses between the different biosensor configurations had no
impact on biosensor performance. We found no significant correlation between membrane
thickness (hydrogel alone or hydrogel + permselective membrane) and any of the key
biosensor performance parameters (Supplementary Information, Figure 3). The differences
observed in biosensors performance parameters among the different biosensor configurations
were independent of membrane thickness. This independence further emphasizes the role of
surface availability, modulated by the choice of permselective membrane, in the performance
of implantable enzyme-based amperometric biosensors.

3.4-Conclusion
While scanning electron microscopy of biosensor surfaces did not reveal major differences
in its morphology, we found significant differences in the electrochemical performance of
biosensors coated with different permselective membrane configurations.
We observed significant differences in the oxidation currents of biosensors assembled
with different membrane configurations, in response to both glucose and H2O2. These
differences resulted in significant differences in key biosensor performance parameters such
as LOD, LRS IMax but not for biosensor affinity related parameters (appKMand LR). The use of
a normalization of the mathematical model for biosensor kinetics, to correct for differences in
electrode active surface, revealed that both IMax and its derivative LRS are largely dependent
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on the active surface of the biosensor, but biosensor affinity is not.
We show that surface availability, modulated by the choice of permselective membrane,
plays a definite role in the performance of enzyme-based amperometric biosensors. Besides
its pivotal role in biosensor selectivity, the choice of permselective membrane, due to its
surface availability modulation, has a major impact on several key biosensor performance
parameters.
These findings may be useful not only in the development and characterization of
“state-of-the art” amperometric enzyme based biosensors, but may also be useful for the
continuous development of smaller and more sensitive biosensors.
The constant pursuit for downscaling, driven by the continuous need of higher spatial
resolution, will most likely be supported by the application of nanomaterials for biosensor
assembly. In that sense, the central role already played by surface availability, will gradually
increase, as biosensor dimensions will progressively decrease. As biosensor dimensions
will progressively decrease, the implication of surface availability in its performance will
gradually increase. The new insights resulting from the present work on morphological and
electrochemical properties of implantable membranes may prove valuable to optimize and
further develop novel biosensor-based medical devices.
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3.6-Supplementary Data
3.6.1- Steady-state parameters.
After a period of equilibration (45 min) we have assessed the steady state parameters,
noise and baseline.
Table 1- Steady state analytical parameters (noise levels and baseline current) for glucose biosensors assembled with
the tested permselective membrane configurations microelectrodes. * and ** Indicate significantly different when
compared to the other biosensor designs(p˂0.05 and p˂0.001).
Noise levels (nA)

Baseline (nA)

Mean

SEM

Mean

SEM

Nafion (n=8)

0.05

0.01

2.41

0.09

PoPD (n=9)

0.07

0.01

2.81

0.19

PmPD (n=8)

0.09

0.03

4.39

0.50

OPPy (n=9)

**0.47

0.13

**27.83

4.59

Nafion-PoPD (n=8)

0.16

0.05

8.15

2.49

Nafion-PmPD (n=8)

0.14

0.04

4.84

0.66

Nafion-OPPy (n=8)

0.31

0.13

6.83

1.26

We observed that the steady-state parameters of biosensors assembled with an OPPy were
higher than any other biosensor configuration. Baseline currents of OPPy based biosensors
were more than 3 fold higher than any other biosensor configuration.
3.6.2- Electrochemical interference
We have monitored the oxidation currents of biosensors coated with all the permselective
membrane configurations in response to the most relevant non-specific electroactive species
(Burmeister et al. 2002; Cordeiro et al. 2015; Wahono et al. 2012).
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Figure 1- Oxidation currents in presence the most relevant non-specific electroactive species of fully assembled
implantable glucose biosensors coated with the different permselective membrane configuratiosn compared with
bare needle-type implantable microelectrode.

All biosensors displayed very low oxidation currents in response to the exposure to
phisologocial levels of the most relevant interferants, when compared with bare electrodes
Additionally, we have found that the absolute oxidation currenst to be very similar to those
observed in microelectrodes coated with those same permselective membrane configurations
(Cordeiro et al. 2016).
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3.6.3- Glucose performance evaluation
Based on the data obtained by the in vitro calibration of the biosensors for its target analyte,
Glucose, we calculated the linear and non-linear correlation coefficents between the changes
in oxidation currents vs the glucose concentration.
Table 2- Linear correlation coefficients between the oxidation currents obtained in in vitro calibration and low ( ≤ 2
mM) and high ( ≥ 8 mM) glucose levels.

up to 2 mM
Nafion

up to 32 mM

0.999

0.676

PmPD

0.998

0.668

PoPD

0.999

0.655

OPPy

0.999

0.639

Nafion-PmPD

0.998

0.585

Nafion-PoPD

0.999

0.648

Nafion-OPPy

0.998

0.660

We observed high linearity between the oxidation current (R2 ≥ 0.99) and glucose for low
glucose levels (≤ 2mM). However we have observed that for the entire calibration range
( ≥ 8 mM) levels that linearity was lost as demosntrated by a significant reduction in the
correlation coefficient (R2 ≤0.7) independently of the biosensor configuration.
3.6.4- Scanning Electron Microscopy evaluation
In order to understand whether any of the biosensor performance parameters was related
to membrane thickness we plotted the thickness (α and β) versus the individual
biosensor performance parameters.
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Figure 4- Membrane thickness (α- Hydrogel; β Hydrogel + permeselective membrane) plotted as a function of
individual perfromance parameters (A- Linear Range, B- Linear Range Slope, C- appKM, D- IMax).

Our data showed (Fig 4) that no correlation between membrane thickness and any of the
biosensor performance parameters (R2 ≤ 0.2).
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CHAPTER 4

Abstract:
Diabetes Mellitus is a chronic disease characterized by poor glucose regulation. On a
long term, diabetes can lead to severe complications such as nephropathies, neuropathies,
blindness and cardiovascular disorders. It is currently a leading cause of death, worldwide.
With the number of diabetes patients rapidly increasing, the need for a solutions to improve
glucose control became crucial. Despite endless evidence that continuous glucose monitoring
(CGM) leads to better diabetes management state-of-the art CGM devices are still hampered
by poor accuracy and (very) short lifetimes. These devices rely on biosensor measurements
that still require frequent calibrations, dependent on painful blood glucose measurements.
Therefore, CGM devices far from replacing the burdensome blood glucose monitoring as the
method of choice in diabetes management.
Here, we describe a wireless implantable microbiosensor based device (iMBD) for CGM.
The glucose biosensors of our CGM device are based on needle type electrodes platinum
microelectrodes. Microelectrode surfaces were functionalized, first with a permselective and
after with an enzymatic hydrogel (Glucose Oxidase). All biosensors were then covered with
an hollow dialysis membrane.
We assembled and characterized in vitro, various amperometric enzyme-based glucose
biosensor designs. Thorough electrochemical evaluation allowed us to select the most
suitable one (Pt200/Nafion/GOx/PE) to be incorporated in the wireless CGM device.
The performance of the device was evaluated in vivo by its implantation in the subcutaneous
tissue of freely moving rats, for 5 days. After, all iMBD were explanted and re-calibrated to
assess biofouling effects. Conversion of the in vivo CGM signals into glucose levels was
performed by single and multiple point blood calibration.
The presented device was able to monitor, wirelessly continuously and in real-time
subcutaneous glucose levels in freely moving animals. Additionally the device was able to
detect glucose levels manipulated by pharmacological treatments. These changes were well
correlated with concurrent changes in blood glucose, suggesting that the proposed approach
may represent a viable option for better glucose management.
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4.1- Introduction
Diabetes mellitus, commonly known as diabetes, it is one of the diseases with the highest
prevalence, 8% of the world population, reaching a total of 387 million worldwide. However
it is estimated than an additional 46 % of them maybe be undiagnosed (W.H.O 2016; Wild
et al. 2004; Zimmet et al. 2001). The latest predictions by the World Health Organization
estimate its prevalence to at least double by 2030 (Shaw et al. 2009). In 2014 diabetes was
associated (directly or indirectly) with almost 5 million deaths (da Rocha Fernandes et al.
2015). Despite the innumerous efforts by a large scientific community devoted to study of
the disease, and its key biomarker (glucose) knowledge of its etiology is still limited and no
cure was found yet (Gadsby 2002; Kharroubi and Darwish 2015).
Diabetes complications arise from long periods of high levels of blood glucose
(hyperglycemia). Recurring hyperglycemia can lead to severe, and even life-threatening
complications. These complications include the development of cardiovascular,
nephrological, retinopathic and neurologic diseases. Additionally, episodes of low blood
glucose (hypoglycemia) can also have deleterious effects. Most of problems related to
acute hypoglycemia arise from an inadequate supply of glucose to the brain, leading to
an impairment of the cognitive function (neuroglycopenia). Its effects range from mild
dysphoria to seizures, unconsciousness, brain damage (temporary or permanent), coma
and even death. In order to delay/avoid diabetes complications, a good management of
the disease is fundamental (Alqahtani et al. 2013; Aronoff et al. 2004; Battelino et al. 2011;
Benjamin 2002; Gadsby 2002; Gerich 1993).
Although in its early stages a good management of patient diet and lifestyle is sufficient,
most diabetes patients require regular blood glucose monitoring. In fact, frequent blood
glucose monitoring has been described to reduce episodes of hyper-/hypoglycemia, as well
as to delay and even prevent some of the diabetes related complications (Battelino et al. 2011;
Block et al. 2008; Hermanides et al. 2011; McAndrew et al. 2007).
Nowadays, blood glucose monitoring is often achieved by self-monitoring of blood
glucose (SMBG) (Benjamin 2002; Garg et al. 2006; Knapp et al. 2009; Penfornis et al.
2011) . This type of monitoring relies almost solely on the use of hand-held glucometers,
based on the “finger-prick” method. Depending on the severity of the disease, patients are
required to monitor its blood levels from 3 up 10 or more times per day. Despite significant
advances in this technique, SMBG by this method is far from optimal. Non-adherence, due
to inconvenience and pain, as well as poor scheduling for the measurements are amongst the
main drawbacks of this method, hampering proper management of the disease (Benjamin
2002; Heinemann 2008; Penfornis et al. 2011).
In the past decades a few alternatives emerged in order to overcome the burden of SMBG
with the “finger-prick” method, and improve SMBG. Significant advances in the knowledge
of the disease, combined with fast advances in biosensor technology allowed the development
of devices that allow real CGM (D’Archangelo 2009; DeVries 2012; Hermanides et al. 2011;
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Vazeou).
The use of CGM devices enables a more accurate picture in terms of glucose level
anamnesis. Moreover, CGM devices provide trend data allowing prediction of changes in
glucose levels. Additionally, these devices yield constant feedback on how multiple variables
impact glucose control. Furthermore, when combined with blood glucose measurements
CGM devices allow more confidence in diabetes management (Block et al. 2008; Garg et
al. 2011; Garg et al. 2009). Presently, most if not all CGM devices are at least partially
implantable and rely on amperometric enzyme-based biosensors (McGarraugh 2009).
Despite a rapid growth in proof-of-concept biosensor-based CGM devices, and even
some marketed designs, CGM devices can only be considered as adjuvants in diabetes
management (Peters et al. 2016; Rodbard 2016). Limited accuracy, thus poor reliability of
CGM, are still the major hindrances to the use of data provided by CGM for decision making
in diabetes management. Regarding this inaccuracy, there are a few factors that are common
to most of the CGM. The need of frequent calibration, poor selectivity, poor biocompatibility,
inducing extensive inflammatory processes and high sensor fouling are amongst the most
relevant sources of CGM inaccuracy(Facchinetti et al. 2010; Group 2006; Kovatchev et al.
2008; Mazze et al. 2009; Nichols and Klonoff 2007; Vaddiraju et al. 2010). Additionally, the
marketed biosensor based CGM are almost exclusively tethered to relatively bulky devices,
leading to a high degree of non- compliance by diabetic patients(Garg et al. 2011). Even 30
years after its inception, there is still a need to of better, miniaturized and comfortable CGM
devices.
Therefore, we developed and characterized (both in vitro and in vivo) a completely
implantable wireless microbiosensor device (iMBD) for CGM. First we have evaluated
the performance of several implantable needle-type amperometric enzyme-based glucose
microbiosensors designs, in vitro. The most suitable design was incorporated in the assembly
of the iMBD based on a self-referencing system (Cordeiro et al. 2015b; Wahono et al.
2012). The developed iMBD was fully implanted in the subcutaneous tissue of conscious,
freely moving rats, for 5 days. The oxidation currents of the iMBD were converted into
glucose levels using either a single or a multiple point blood glucose calibration. The ability
of the iMBD to monitor changes in subcutaneous glucose was assessed by modulating
pharmacologically glucose levels, by i.v. administration of glucose and insulin. After in vivo
evaluation, the CGM device was explanted and its biosensors were re-evaluated in vitro, in
order to determine the effect of biofouling.

4.2- Materials and Methods
4.2.1- Materials
Glucose Oxidase (Aspergillus Niger, Type-XII, 100 kU), bovine serum albumin (BSA)
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(fraction V 99%), glutaraldehyde (grade I, 25%, aqueous solution), Nafion (25% v/V in
aliphatic alcohols), m-phenylenediamine, glucose , uric acid (UA), l-ascorbic acid (AA) were
obtained from Sigma (St. Louis, Missouri, USA) without further purification. Regenerated
Cellulose (RC; cut-off 15 kDa) and PolyEthylene (PE; cut-off 2 MDa) membranes were
obtained from Brainlink, BV (Groningen, The Netherlands). Humuline RU-500 (recombinant
human insulin) was purchased from Lilly (USA).
Platinum (100 and 200 µm Ø), Platinum/Iridium (125 µm Ø) and Silver wire (125 µm Ø)
were purchased from Advent Research Materials (Oxford, UK). A phosphate buffer solution
(PBS) was used containing 145 mM Na+, 1.2 mM Ca2+, 2.7 mm K+, 1.0 mM Mg2+, 152 mm
Cl-, and 2.0 mM PO4- in ultrapurified water, brought to pH 7.4 with sodium hydroxide and
degassed before use.
4.2.2- Biosensor assembly
The surfaces of needle-type (Pt or PtIr; 100, 200 Ø µm and 125 µm; 5 mm long) surfaces
were functionalized into glucose biosensors, as previously described. All microelectrodes
were first functionalized with a permselective layer, either Nafion or Nafion –PmPD
(Cordeiro et al. 2016b; Cordeiro et al. 2015a). After, functionalized microelectrodes were
manually coated with an enzymatic hydrogel, (glucose oxidase (GOx) (1 U/µL) reticulated
with glutaraldehyde (GA) and bovine serum albumin (BSA))(Cordeiro et al. 2015a; Wahono
et al. 2012). Finally a hollow dialysis membrane (either PE or RC) was applied to all glucose
biosensors (Fig 1 C).
4.2.3- In vitro characterization
All biosensors were evaluated electrochemically, by in vitro calibrations. All calibrations
were carried out in PBS (pH 7.4) at +700 mV vs. Ag/AgCl using a potentiostat (Pinnacle, model
3104 Pinnacle Tech. Inc., USA). Sensors were placed in PBS and steady state parameters
(noise and baseline) were assessed after an initial equilibration period (approximately 45
min) when a stable current was reached. After, AA and UA (200 and 250 µM respectively),
were added, consecutively, prior to consecutive additions of Glucose (0.02 to 25 mM). Noise
and limit of detection (LOD) were calculated by linear regression, whereas linear range (LR),
linear range slope (LRS), apparent Michaelis-Menten constant (appKM) and maximum current
intensity (IMax) were calculated using non-linear regression (Cordeiro et al. 2015a).
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4.2.4 –iMBD assembly

Figure 1- A- Experimental setup for in vivo evaluation of the iMBD device for CGM ; B- tImplantation site of the
CGM device; C- Self-Referencing biosensor system; D- iMBD following explantation.

The iMBD device was assembled by coupling a small prototype telemetric amperostat (≤
20 cm3) (DSI, St Paul, Minneapolis, USA) with fixed potential (+700 mV) to an implantable
microbiosensor device (iMBD), using flexible leads (Fig 1 D). The device was based on the
self-referencing system, thus comprised a two working electrodes (Sensor and Background)
and a Reference electrode (Ag/AgCl) (Fig 1 C). After assembly, the the iMBD was calibrated
in vitro. When possible (5 out of 7 devices), the iMBD was re-calibrated after its implantation.
4.2.5 - In vivo CGM evaluation
The performance of the iMBD was evaluated in vivo by implanting them in them in the
subcutaneous tissue of rats. Male Wistar rats (350-425g) (Harlan, Horst, The Netherlands)
were used in all in vivo experiments. Animals were individually housed in Plexiglas cages
prior to the experiment. All animals were submitted to surgery to implant a permanent
jugular vein catheter (for frequent blood sampling and compound administration) and for
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subcutaneous implantation of the iMBD (Fig 1 B). All in vivo electrochemical measurements
were performed at a constant potential, 700 mV vs Ag/AgCl. After the surgery, animals were
allowed to recover and subcutaneous glucose levels were continuously monitored by the
iMBD immediately after recovering (Fig 1 A). Blood glucose levels were monitored at least
once daily, using colorimetric glucose strips (AccuChek; Roche).
After a period of iMBD signal stabilization , glucose levels were experimentally modulated
by consecutive intravenous administration of vehicle (saline 1ml/kg), glucose (20 % w/V in
saline) and insulin (5U/kg) at intervals of 45 minutes, as previously described (Cordeiro et al.
2015a; Moon et al. 2013). During the period of glucose levels modulation, blood glucose was
assessed at intervals of 15 minutes. Animals were sacrificed immediately after the experiment
by i.v. administration of pentobarbital. The MBD electrochemical signal was acquired at a
rate of 10 HZ and averaged at 1 Hz.
All animal experiments were approved by the Institutional Animal Care and Use
Committee of the University of Groningen.
4.2.6- Data analysis
4.2.6.1- Biosensor performance parameters
Analytical and kinetic parameters were calculated by non-linear regression using
GraphPad Prism 5.0. The calculated parameters include limit of detection (LOD), linear
Range (LR) linear range slope (LRS) Michalis-Menten constant (appKM), maximum current
intensity (IMAX),). All data were presented as Mean±standard error of the mean (SEM). All
calculated parameters were statistically evaluated either by One-Way or Two- Way ANOVA.
When necessary, additional Bonferroni tests were performed. p < 0.05 and p < 0.001 were
considered statistically significant and highly significant, respectively. Correlation analysis
was performed using the Pearson Product Moment Correlation. All statistical analysis were
performed using SigmaStat 12.0
4.2.6.2- In vivo evaluation
The currents measured by the electrodes incorporated in the iMBD were converted into
glucose levels using customized algorithms, based either on post calibration evaluation or
based on single (equation 1) or multiple point blood glucose calibrations (equations 2).”
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Single point blood calibration (SPBC):

Equation 1
Multiple point blood calibration (MPBC):

Equation 2
Where;
SCglc- Subcutaneous glucose (mM)
Bl glct0- Blood glucose (mM)
St- Sensor current (nA)
BGt- Background sensor current (nA)
PcSB- Post Calibration Sensor Basal current (nA)
PcBGB- Post Calibration Background Basal current
Subtraction - (St(nA)-PcSB(nA))-(BGt(nA)-PcBGB(nA))
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4.3- Results and Discussion
4.3.1- In vitro biosensor characterization
4.3.1.1- Pre Calibration
Prior to the assembly of the iMBD we evaluated a series of implantable needle type glucose
biosensors, to assess which would be the most suitable for implantation. We characterized
four different needle type amperometric glucose biosensors, in vitro (Pt100/Nf/Gox/RC; Pt100/
Nf/PmPD/Gox/RC, Pt200/Nf/Gox/PE and PtIr125/Nf/Gox/PE).
The glucose biosensors evaluated were assembled based on different permselective
layers (Nafion and Nafion-PmPD) and with different outer dialysis membrane (either RC or
PE). Whilst the use of a permselective membrane enables selectivity of the sensors towards
electrochemical interference(Cordeiro et al. 2016a; McMahon et al. 2004; O’Neill et al.
2008; Wahono et al. 2012), the outer membrane can both minimize biofouling effects and
improve the biosensor LR (Cordeiro et al. 2015a; Koh et al. 2011; Wisniewski and Reichert
2000).
All biosensors were, as expected due to the incorporation of the permselective membranes,
selective to electrochemical interference. Additionally, all biosensors responded to even to the
lowest glucose levels tested (50 µM). Moreover, all biosensors displayed very fast response
time (t95 ≤ 1s). Nevertheless, we did observe significant differences in the oxidation currents
of different types of biosensors when exposed to the same glucose concentrations (Fig 2).

Figure 2 –In vitro glucose calibration of the tested implantable needle type amperometric glucose biosensors. Data
are mean + SEM.

In vitro evaluation revealed that all biosensors displayed a linear correlation between
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glucose and oxidation currents for low analyte levels (≤ 5 mM). However, for high glucose
levels the linearity decreased.
Biosensors coated with Nafion alone displayed similar oxidation currents amongst them
when exposed to increasing glucose levels. However, biosensors coated with Nafion in
combination with PmPD displayed significantly lower oxidation currents when exposed to
high glucose levels compared with all other biosensor types (p≤0.05). This can be explained
by the lower surface availability of electrodes coated with membrane combinations when
compared with microelectrodes functionalized with Nafion alone (Cordeiro et al. 2016a).
The use of non-linear regression methods applied to a simplified Michaelis-Menten
model for biosensors (O’Neill et al. 2008) allowed us to estimate the most relevant biosensor
performance parameters based on the in vitro calibrations. All biosensors displayed a very
high correlation with the theoretical model (R2 ≥ 0.99).
Table 1- In vitro performance parameters (Limit of Detection (LOD), apparent affinity constant (appKM), maximum
current (IMax), linear range (LR) and linear range slope (LRS). Data are Mean±SEM.
Nf/mPD/Gox/RC

Nf /Gox/RC

Nf/Gox/PES

Nf/Gox/PES

7

7

7

8

Platinum

Platinum

Platinum

Platinum/Iridium

100

100

200

125

Noise (nA)

0.12 ± 0.04

0.19 ± 0.06

0.21 ± 0.09

0.044 ± 0.008

LOD (µM)

26.61 ± 13.90

12.87 ± 5.60

13.73 ± 5.29

4.00 ± 1.24

app

KM(mM)

11.42 ± 1.01

26.41 ± 2.94

22.68 ± 3.76

8.67 ± 0.15

IMax (nA)

405.4 ± 16.3

1880.0 ± 127.8

1755.0 ± 168.6

762.3 ± 5.1

LR (mM)

5.71 ± 0.5

13.2 ± 1.5

11.3 ± 1.9

4.3 ± 0.07

LRS (nA/mM)

35.5 ± 16.0

71.2 ± 43.4

77.4 ± 44.8

87.9 ± 34.9

n
Electrode
Ø (µm)

All biosensors displayed very low noise levels (≤0.2 nA). Nevertheless, the noise levels
of PtIr125/Nafion/GOx/PE were lower than all other biosensor designs (0.044 ± 0.008 vs all,
p≤ 0.05) . The use of an alloy in microelectrode assembly, may have resulted in a shift in the
optimal oxidation potential of the electrode, thus reducing noise levels. It has been reported
that Iridium has a slightly higher optimum oxidation potential for H2O2 (Bianchi et al. 1961).
As the LOD is a function of the noise, all biosensors displayed low LOD (≤ 30µM),
adequate for in vivo subcutaneous glucose biomonitoring (Bindra et al. 1991; Bolinder et
al. 1992; Lourido et al. 2002; Rebrin et al. 1999). As expected, PtIr125/Nafion/GOx/PE had a
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lower LOD than any other biosensor design (4.00±1.24 µM vs all, p≤ 0.001).
Besides noise and LOD, we also estimated both the apparent affinity (appKM) constant
and it derivative LR. Our results showed that biosensors based on PtIr alloys displayed the
highest affinity amongst all glucose biosensors (8.67±0.15 mM vs all, p≤0.01), followed
by Pt100/Nafion/PmPD/GOx/RC (11.42±1.01 mM). Both Pt100/Nafion/GOx/RC and Pt200/
Nafion/GOx/PE displayed the lowest affinities towards glucose (≥ 20 mM) very close to
those observed for freely diffused enzyme. The differences observed in affinity were not
unexpected. It has been described that the appKMis dependent on some of the parameters that
were modulated in biosensors assembly, such as electrode active surface and the use of an
outer membranes (Cordeiro et al. 2016a; Cordeiro et al. 2015b). An increase in the active
surface resulted in an increase in the appKM due to the ability to increase the amount of enzyme
immobilized per area (Cooney 2011; House et al. 2007; O’Neill et al. 2008; Rothwell et
al. 2010; Tan et al. 2010). The use of an outer membrane resulted in much higher affinity
constants than previously reported for implantable amperometric enzyme-based glucose
biosensors (Abel and von Woedtke 2002; Cordeiro et al. 2015a; Lowry et al. 1998; O’Neill
et al. 2008; Vasylieva et al. 2011; Yang et al. 2002).
The use of Nafion alone resulted in biosensor with less affinity (lower appKm) towards
glucose, but increased its linear range, when compared to those coated with Nafion-PmPD.
Here too it seems that surface availability, lower for membrane combinations may have
played a role. Despite having less surface, the Pt100/Nafion/RC biosensors had similar LR than
Pt200/Nafion/PE, indicating similar affinities. Different enzyme loading and diffusion rates,
mediated by the choice of outer membrane, are the reason for this phenomena. Although, the
higher geometrical surface from Pt200/Nafion/PE allowed an increase of enzyme immobilized
in the electrode surface. However the use of a membrane with a lower cut off (15 kDa vs 2
MDa) in Pt100/Nafion/RC, thus reducing glucose diffusion rate of glucose, appeared to have
counterbalanced the decrease in microelectrode surface, resulting in similar affinity of both
geometries.
As LR is dependent of appKM, the results obtained for LR were similar to those obtained
for appKM. We observed that both the PtIr125/Nafion/GOx/PE and Pt100/Nafion/mPD/GOx/RC
biosensors showed a lower linear range, 4.3±0.07 and 5.71±0.5 mM than the other
designs. Both Pt100/Nafion/GOx/RC and Pt200/Nafion/GOx/PE glucose biosensors exhibited
higher linear ranges, when compared with the previous described geometries, 13.2±1.5 and
11.3±1.9 mM, respectively.
Implantable glucose biosensor should be able to detect changes in glucose within the
media their physiological relevant levels. It has been described that resting blood glucose
levels in awake freely moving rats to be around 5-6 mM. However, these levels can reach
from 2 to 15 mM in cases of hypo- and hyperglycemia, respectively (Cordeiro et al. 2015a;
de Vries et al. 2003; de Vries et al. 2005).
Therefore due its limited LR (4.3 and 5.75 mM respectively) Pt100/Nafion/mPD/Gox/RC
and PtIR125/Nafion/PE were not considered suitable for implantation.
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The IMax was also higher for Pt100/Nafion/GOx/RC and Pt200/Nafion/GOx/PE (1880.0±127.8
and 1755. 0±168.6 nA, p≥ 0.001) when compared to PtIr125/Nafion/GOx/PE and Pt100/
Nafion/mPD/GOx/RC. The low surface availability (Cordeiro et al. 2016a), due to the use of
permselective membrane combinations, in the case of Pt100/Nafion/mPD/GOx/RC and the use
of an alloy for the assembly of PtIr125/Nafion/GOx/PE can explain the low IMax values.Despite
the different results obtained for most of the kinetic parameters, LRS was similar for Pt100/
Nafion/GOx/RC, Pt200/Nafion/GOx/PE and PtIr125/Nafion/GOx/PE. Only the Pt100/Nafion/
PmPD/GOx/RC biosensors displayed lower LRS than the other glucose biosensors tested
(35.5 ± 16.0 nA/mM vs all, p≤ 0.05). Once again, the low surface availability of this type of
sensors resulted in lower biosensor performance.
Based on the electrochemical evaluation, both Pt100/Nafion/Gox/RC and Pt200/Nafion/PE
designs were considered the most suitable biosensors for incorporation into the wireless
CGM device. Unfortunately, preliminary experiments showed that Pt100/Nafion/GOx/
RC biosensors were not sufficiently rigid to withstand implantation. Therefore, all iMBD
incorporated Pt200/Nafion/GOx/PE biosensors in its construction.
4.3.1.2- Post Calibration evaluation
In order to assess biofouling effects, we have evaluated the performance of the biosensors
incorporated in the iMBD in vitro following its implantation (5 days). Unfortunately, from
the seven implanted devices, sensors incorporated in the iMBD were severely damaged upon
explantation, and were not re-evaluated.

Figure 3- Calibration of the glucose biosensor incorporated in the iMBD for CGM, before (n=7) and after (n=5) its
implantation. Data are mean±SEM.
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All biosensors were selective against electrochemical interference and responded with an
increase in oxidation current to consecutive additions of glucose, within the entire calibration
range. As observed during the pre-calibration, we found a linear correlation between glucose
and the oxidation currents for low analyte concentrations (≤ 5 mM). Once again, this linear
correlation was lost for higher glucose levels, resulting in a Michaelis-Menten like profile, as
observed in the pre- calibration.
Despite the similarity in the calibration profile, the oxidation currents of the biosensors post
implantation were significantly lower (up to 3 fold) than those obtained in the pre-calibration,
for most of the calibration range (≥ 0.5 mM, p≤ 0.05), most likely due to the biofouling
effect. Nevertheless, the data obtained were well correlated with the theoretical model used
to estimate the most relevant biosensor performance parameters (Table 2).
Table 2- In vitro performance parameters of the Pt200/Nafion/Gox/PE biosensors prior and post implantation. Data
are mean±SEM.
PreCalibration

PostCalibration

7

5

Noise (nA)

0.21±0.09

0.11±0.02

LOD (µM)

13.73±5.29

22.45±2.80

KM(mM)

22.68±3.76

14.50±0.90

IMax (nA)

1755.00±168.60

337.90±10.34

LR (mM)

11.3±1.9

7.25±0.45

LRS (nA/mM)

77.4±44.8

23.30±11.43

0.996

0.999

n

app

R2

However, after 5 days of subcutaneous implantation, some biosensors performance
parameters were significantly altered, when compared with pre-implantation values. The
noise levels, along with the LOD and LRS were unaffected by iMDB implantation. No
changes in noise levels suggests a high stability of all electrical connections within the
iMBD, even after 5 days of implantation. One of the effects of biofouling is the degradation
of the electrical connections, even for short implantation periods (Wisniewski et al. 2000).
Our iMBD appears to resist to these effects since it provided continuous measurements for
the whole experiment.
We observed a significant decrease in appKM(14.50±0.90 vs 22.68±3.76 mM, p≤0.001), thus
increase in affinity, after implantation. This decrease is most likely due to a decrease in the
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amount of immobilized enzymes that remained active. This would lead to a faster saturation
of the enzyme, thus oxidation currents, when compared with pre-calibration performance.
The significant decrease in IMax, further supports this hypothesis.
Despite its importance has been previously described, post-implantation evaluation is very
uncommon. Altough a few studies reported the effects of biofouling through post-implantation
evaluation (Calia et al. 2009; Vasylieva et al. 2011; Wahono et al. 2012), only one has
evaluated the effect of biofouling on biosensor affinity (Cordeiro et al. 2015b). In that study,
an increase in appKM was observed following acute implantation (8 hours) of needle type
biosensors in the brain. The differences in duration and site of implantation may be the reason
for the discrepancies in the effect of implantation of appKM.
As a derivative of appKM, we also observed a decrease in LR (11.3±1.9 vs 7.25±0.45 mM,
p≤ 0.05). Previously, a decrease in LR, to levels underneath the complete pathophysiological
range, would imply lower accuracy to monitor increases in glucose levels. However, advances
in non-linear regression analysis and algorithm construction regarding biosensor technology
(Ford et al. 2016; O’Neill et al. 2008), allow an accurate glucose monitoring with these
biosensors, accommodating the loss in LR.
Besides a decrease in appKMwe also observed a decrease in IMax after implantation. The
values obtained on the post-calibration are more than 4-fold lower than those obtained in the
pre-calibration (1755.0±168.6 vs 337.90±10.34 nA, p≤ 0.001). The decrease in IMax is closely
related to the decrease in the amount of active enzymes, revealed by the decrease in appKM.
However, since the magnitude of the decrease in this parameter largely exceeds the decrease
in appKM, enzyme deactivation/degradation it may not be the only factor to affect IMax. It
has been reported that one of the biofouling effects implies the adsorption of molecules of
low molecular weight onto the electrode surface. This adsorption can result in a significant
decrease in electrode active surface, thus biosensors sensitivity. As IMax is dependent on
the electrode active surface (Cordeiro et al. 2016a), it is possible that the striking decrease
in IMax, may be due to a cumulative effect of enzyme inactivation and reduction in surface
availability.
Despite a decrease in IMax and appKM, we found no differences in the LRS before and after
implantation (77.4±44.8 vs 23.30±11.43 nA/mM). The non-significantly different values in
LRS can be easily explained by the decrease in LR after implantation. In other words, although
the LRS was similar, due to a decrease in LR, biosensor sensitivity was effectively lower
after implantation. Nevertheless the LRS after implantation is higher than the sensitivity of
previously described glucose biosensor, successfully implanted in the subcutaneous tissue of
animal and human subjects. (Ahmad et al. 2008; Calia et al. 2009; Daniloff 1999; Palmisano
et al. 2000; Preidel et al. 1993; Rocchitta et al. 2013; Thomé-Duret et al. ; Vasylieva et al.
2011; Wilson and Gifford 2005).
Finally, we also did not observe any differences in the LOD estimated from the
post-calibration, when compared with values obtained prior to the implantation (13.73+5.29
vs 22.45+2.8 µM). These data suggest that the biosensors were able to monitor small changes
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in subcutaneous glucose levels, accurately.
Taken together, the post-calibration data assures that the results obtained by the implanted
iMBD were reliable. Despite a sharp decrease in its performance, the biosensors incorporated
in the iMBD were able to accurately monitor subcutaneous glucose levels. Nevertheless,
our evaluation revealed a strong influence of biofouling, triggered by the foreign body
reaction, on overall biosensor performance. Although the biosensors were designed to
diminish biofouling, by the incorporation of an outer membrane, its performance was still
significantly affected by its implantation.
4.3.2-In vivo iMBD evaluation
To assess the in vivo performance of the iMBD for CGM, we implanted a series of
devices (n=7) in the subcutaneous tissue of male Wistar rats (Figure 1 B). The devices were
implanted for 5 days. During the course of the experiments, we evaluated the ability of the
iMBD to monitor changes in subcutaneous glucose levels, by i.v. administration of glucose
and insulin.
4.3.2.1- In vivo stability
The iMBD was turned on to start high frequency data acquisition (10 Hz), as soon as
the animals recovered from surgery. The currents obtained by the iMBD were converted
in subcutaneous ISF glucose levels, using the traditional single point calibration algorithm
(Choleau et al. 2002).
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Figure 4 - In vivo subcutaneous converted glucose levels, averaged hourly, measured by the CGM device compared
with blood glucose levels during the 5 days of CGM implantation. Data are mean+SEM

Our data (Figure 4) showed that all the iMBDs provided continuous measurements for the
entire duration of the experiment. However, we observed a marked decrease in subcutaneous
glucose levels, that started immediately upon the start of the experiment. The decrease in
current followed a similar pattern during the first 48 hours post- implantation, for all iMBD.
We observed, a sharp decrease immediately after the start of the experiment that tapered until
reaching a stable steady-state signal.
While blood glucose levels remained fairly constant during the 5-day implantation period,
subcutaneous glucose levels provided by the iMBD were only well correlated with blood
glucose levels after the stabilization period of the device. The low correlation between the
subcutaneous levels provided by the iMBD and blood glucose for the first 48 hours post
implantation, despite the use of a membrane with high biocompatibility, is apparently the
result of a foreign body reaction (FBR) (Koschwanez and Reichert 2007; Wisniewski et al.
2000).
Acute FBR also implies a severe alteration of local homeostasis (Anderson et al. 2008;
Ward 2008). This abnormal homeostasis is due to the rupture of local blood vessels and
it results in large fluctuations in the content respective levels of the existing analytes. It
has been described a significant increase in local glucose consumption, at the early
stages of FBR, especially during the strong initial inflammatory response. An increase in
glucose consumption is directly coupled to an increase in local glucose. Although this high
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consumption converted by macrophages can lead to an increase in H2O2 (Koh et al. 2011),
the use of a self-referencing system eliminates this source of inaccuracy. Therefore, the initial
high glucose provided by the iMBD may also be due to a “truly” high glucose concentration
on the implant site. A lower decrease in biosensor LRS upon explanation (≤3 fold after 5
days of implantation) when compared with the difference between blood and subcutaneous
glucose further support the measured high local glucose levels.
The FBR is the result of an immune response triggered by inflicted tissue trauma, in
this case iMBD implantation device (Wang et al. 2015). It can be divided into acute (up
to a couple of days/weeks) and chronic phases (weeks to years). The initial decrease
in measured glucose levels is probably related to the acute phase of the FBR, due to the
relatively short implantation time. This acute response includes strong inflammatory
processes. These inflammatory processes have been associated with events that reportedly
decrease in biosensor sensitivity. Those events can be diverse and can include the recruiting
of proteolytic enzymes to the tissue damage site, decrease in pH and high concentration of
reactive oxygen species. Additionally, the acute FBR also includes the adhesion of proteins
and cells onto the implanted material, in this case the iMBD, which creates a diffusional
barrier. The sum of these FBR-triggered events leads to the presently observed biofouling.
Biofouling effects such as electrode passivation, membrane dilapidation and biodegradation
and fibrous encapsulation, might explain the high subcutaneous glucose levels measured by
the iMBD, during the initial phase of the experiment.
Nonetheless, the development of better algorithms, based on an extended database from
further in vivo experiments, will most likely increase the accuracy of the subcutaneous
glucose values provide the iIMBD for CGM. An algorithm able to correct for the variations
in glucose levels provided by the iIMBD will allow a better correlation between blood and
subcutaneous glucose levels, and even reduce the in vivo stabilization time.
4.3.2.2- In vivo biomonitoring of dynamic changes in glucose with the iMBD
Besides evaluation of the ability of the iMBD to monitor glucose continuously, we also
tested whether the device was able to pick up fast changes in glucose levels. Therefore, after
stabilization of the iMBD (at least 40 hours after implantation), we induced hyperglycemia
and hypoglycemia states to the animals with the iMBD, by i.v. administration of glucose
(20% m/V) and Insulin (5U/Kg). Saline administrations (1 mL/Kg, i.v.) were used as control.
The absolute glucose levels (both from blood and ISF) as well their relative changes are
depicted in Figure 5 (A-C).
The currents provided by the individual sensors within the iMBD, following in vivo
stabilization, were 81.9±14.9 nA and 33.7±4.2 nA for sensor and BG, respectively. The
subtracted current was 53.2±15.7 nA, which was converted into 5.9±0.3 mM, and 8.0±1.8
mM of glucose, using either single (Equation 1) or multiple point blood calibration (Equation
2), respectively. Basal blood glucose levels upon iMBD stabilization were 6.2±0.5 mM. No
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differences were observed between blood and subcutaneous glucose levels provided by the
iMBD, regardless of the algorithm employed for the conversion. Additionally, these levels
are well within the range described for both blood (de Vries et al. 2003; de Vries et al. 2005)
and subcutaneous glucose levels in awake freely moving rats (Jamali et al. 2002).
Systemic administration of the vehicle had no effect in blood nor subcutaneous glucose
levels. However, consecutive administration of glucose and insulin evoked significant
changes in both blood and subcutaneous glucose. After glucose administration, blood glucose
increased rapidly from 6.5±0.2 to 12.2±2.1 mM, reaching its highest value, 15 minutes after
glucose administration. Subcutaneous glucose levels started to increase almost immediately
after glucose administration, reaching its highest levels 7.2±0.2 mM (using a SPBC) and
10.1±1.9 (using a MPBC) 20 minutes after administration. Although changes in glucose
were noticeable faster by the iMBD than those observed in the blood, we observed a lag
time of 5 minutes between the highest blood and subcutaneous glucose levels. Additionally,
our data show significant differences between glucose blood and subcutaneous glucose
levels provided by the iMBD using a SPBC but not for the levels obtained through MPBC.
After reaching its maximum, blood glucose decreased sharply reaching basal levels 15
minutes after. Then, blood glucose remained unchanged until insulin administration. Instead,
subcutaneous glucose levels decrease gradually at a much slower rate than blood glucose,
reaching basal levels nearly 25 minutes after reaching its maximum level, just before insulin
administration.
Both subcutaneous and blood glucose levels decreased in response to insulin administration;
sharply for blood glucose and gradually for subcutaneous glucose. Blood glucose decreased
rapidly from 6.2±0.2 to 3.3±0.3 mM, 15 minutes after insulin administration and remained
fairly stable until then end of the experiment (120 min after saline administration). Once again,
changes in subcutaneous glucose were noticeable faster when compared to those observed in
the blood. Subcutaneous glucose started decrease immediately after insulin administration.
However, subcutaneous glucose decreased at a much slower rate when compared with blood
glucose, reaching its lowest level 2.9±0.7 mM at the end of the experiment.
Although we observed a significant lag time (10 min) between changes in blood and SG
following insulin administration, no differences were observed in the absolute values, nor in
the magnitude of changes in glucose.
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Figure 5 - In vivo glucose levels provided by the iMBD following administration of vehicle (saline), and
pharmacologically active compounds (glucose and insulin). A- Subcutaneous glucose levels provided by the iMBD
using a single point blood calibration signal conversion algorithm B- Subcutaneous glucose levels provided by the
iMBD using multiple point blood calibration signal conversion algorithm. C- Changes in subcutaneous glucose
levels using a multiple point blood calibration method. Data are mean+SEM.

Our data show that the iMBD was able to monitor changes in subcutaneous glucose, within
the same magnitude as those observed in the blood. Additionally the changes in both blood
and subcutaneous glucose following administration of glucose and insulin, are in accordance
with those previously reported, despite the differences in biomonitoring methods (de Vries et
al. 2003; de Vries et al. 2005; Moon et al. 2013). However, although a relationship between
blood and ISF glucose has been established, the debate on how these two parameters are
related is ongoing. While some authors report the same magnitude in the changes in blood
and subcutaneous glucose, lower subcutaneous glucose levels when compared with blood
glucose have also been reported (Bolinder et al. 1992; Garg et al. 2006; Holmäng et al. 1998;
Lourido et al. 2002; Poscia et al. 2003; Rebrin et al. 1999; Rosdahl et al. 1993; Thennadil et
al. 2001).
Despite good correlation in the magnitude of changes, we observed some lag when
comparing the kinetics of blood and subcutaneous glucose. Although the time resolution for
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blood glucose levels is much lower when compared with subcutaneous glucose (1 sample
per 15 minutes vs 10 Hz), it is still higher than that typically CGM devices used by diabetic
patients (Benjamin 2002; Hermanides et al. 2011; Penfornis et al. 2011; Vazeou).
The lag times observed after glucose and insulin administrations are not significantly
different from those reported for other biosensor based CGM (Keenan et al. 2009; Mazze et
al. 2009; Thennadil et al. 2001; Vaddiraju et al. 2010; Wentholt et al. 2008). Interestingly, we
observed that, in the case of the proposed CGM device, the lag time seems to be dependent
of the direction of the changes in glucose. The lag time is longer (10 min) when glucose
levels decrease compared when they increase (5 min). As for the differences in magnitude,
there is a large variation in reported lag times observed in CGM devices. The lag times can
range from 5 to 30 minutes and depend on several factors. These factors include size of the
device, biosensor dimension and geometry, site of implantation and even biomaterials used
in its construction (Bolinder et al. 1992; Daniloff 1999; Facchinetti et al. 2007; Keenan et al.
2009; Lodwig and Heinemann 2003; Rebrin et al. 1999; Regittnig et al. 2003; Schaupp et al.
1999; Thennadil et al. 2001). Moreover, the combinations of these factors make the lag times
largely variable amongst different CGM. Nevertheless, our data suggest that the proposed
iMBD is able to monitor fast changes in glucose, with an adequate lag time. Further in vivo
characterization of the iMBD will most likely provide better insights on the iMBD behavior,
and may result in an improvement of the algorithm used in the conversion of subtracted
currents into subcutaneous glucose.
4.3.2.3- Modelling the iMBD output
The recent focus on the use of complex modeling of in vivo data provided by biosensor
based CGM is thought to largely improve the accuracy and in vivo lifetime of these devices
(Facchinetti et al. 2010; Mazze et al. 2009; McGarraugh et al. 2011). However, due to the
innumerous device dependent parameters involved, it seems that choice of algorithm may be
dependent on the device itself. Our data further supports this idea.
For the proposed iMBD, the choice of algorithms had significant implications on the
output of the CGM iMBD. The oxidation currents provided by the iMBD were converted into
subcutaneous glucose levels, according to a classical SPBC approach, but also using a novel
MPBC method. The use of a SPBC resulted in lower amplitude of changes in subcutaneous
glucose when compared to those obtained using a MPBC.
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Table 3 – Analysis of correlation between blood and subcutaneous glucose, using a Single Point Blood Calibration
(SPBC) or a Multiple Point Blood Calibration (MPBC) algorithm.
Spearmann Rank Order

Single Point Blood Calibration
Multiple Point Blood
Calibration

Pearson Product Moment
Correlation

Correlation

0.61

Correlation

0.57

p value

0.03

p value

0.006

Correlation

0.76

Correlation

0.64

p value

0.06

p value

0.03

Both correlation analysis (Table 3) showed a significant positive correlation (R≥0.5,
p≤0.05) between subcutaneous and blood glucose levels using a MPBC. We have also
obtained a positive correlation between blood glucose and subcutaneous glucose levels
converted using a SPBC method. However, the correlation was only significant when we
applied the less stringent method (Spearman Rank Order) but its correlation coefficient was
lower than for MPBC conversion algorithm.
Although the use of a SPBC algorithm allowed us to have a good correlation between
blood and subcutaneous glucose levels, the use of a MPBC resulted in a better correlation.
Although the use of MPBC has been reported to lead to lower accuracy when compared with
SPBC (Mahmoudi et al. 2014), our data suggests the opposite. The use of a third calibration
point is likely to be the reason for a better performance of the MPBC, when compared with
SPBC method.
Nevertheless our correlation levels are still hampered by the existence of lag times for
changes in glucose levels. An increase in blood sampling frequency during experimental
conditions combined with the development of an algorithm that would also take into account
the lag time may result in an even better correlation between subcutaneous and blood glucose.
4.5- Conclusion
We developed and characterized a fully implantable wireless iMBD, for CGM. Initially,
we assembled and characterized a series of needle type amperometric enzyme based glucose
biosensors. In vitro evaluation revealed that the Pt200/Nafion/GOx/PE biosensor design was
the most suitable for incorporation in the wireless iMBD.
The proposed iMBD, based on a self-referencing system, was fully implanted for a period
of 5 days in the subcutaneous tissue of awake, freely moving rats. Despite a significant
decrease in biosensor performance, due to foreign body reaction related biofouling, the
iMBD was able to monitor continuously, subcutaneous glucose levels for 5 consecutive days.
During this period, changes in subcutaneous glucose levels, modulated by pharmacological
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challenges, obtained by the iMBD were well correlated with changes in blood glucose levels.
The use of a multiple point blood calibration algorithm provided a better correlation
between subcutaneous and blood glucose, than the single point blood calibration algorithm.
Nevertheless, additional in vivo characterization of the wireless iMBD will most likely
further improve iMBD accuracy, expanding its already satisfactory in vivo lifetime.
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CHAPTER 5

Abstract:
Although several biosensors have been developed for continuous in vivo monitoring of
glucose, only a few devices are routinely used. The lesser biosensor performance after a
sterilizing treatment, a requirement for any implantable biomedical device, is probably one
of the reasons for the limited clinical application of glucose biosensors.
Here, we describe the effect of sterilization on the performance of flexible implantable
amperometric enzyme-based biosensors for subcutaneous in vivo real-time monitoring of
glucose. In vitro electrochemical characterization revealed that these biosensors were highly
selective, and sensitive (LRS ≥ 70 nA/µM) in the relevant physiological range (LR ≥ 14 mM).
Additionally, we have thoroughly evaluated the impact of sterilization on the performance
of this biosensor, both directly after sterilization and during a 4 week storage period. Four
different methods for sterilization were applied: treatment with ethylene oxide i), treatment
with H2O2, alone ii) or combined with gamma-radiation iii), and finally treatment with a
mixture of chlorohexidine and isopropyl alcohol iv). Sterilized biosensors were evaluated
and thoroughly characterized in vitro.
Our data showed an immediate and negative influence of sterilization on biosensor
performance. Additionally, we observed that for some sterilization methods, the biosensors
retained adequate for implantation, even 4 weeks after being exposed to those methods.
Keywords: In vivo, implantable biosensors, shelf-life, sterilization, glucose
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5.1-Introduction
Nowadays, biosensors can be based on a myriad of transducers coupled to a multitude
of biorecognition elements, (Hammond et al. 2016; Turner 2013; Vigneshvar et al. 2016).
However, only a limited amount of the many biosensors described in the literature are
routinely employed (Siontorou and Batzias 2010). Nevertheless, there is a significant number
of biosensors successfully employed in in vivo biomonitoring (Hamdan and Mohd Zain 2014;
Wilson and Ammam 2007; Wilson and Gifford 2005).
Amperometric enzyme-based ones are arguably the most successful type of biosensors,
and have been even effective in in vivo brain biomonitoring of a series of key biomarkers
including neurotransmitters (Ahmad et al. 2008; Burmeister et al. 2002; Calia et al. 2009;
Cordeiro et al. 2015; Pomerleau et al. 2003; Sirca et al. 2014; Vasylieva et al. 2011; Wahono
et al. 2012). Nevertheless, most of its applications still focus on in vivo monitoring of glucose
(Koschwanez and Reichert 2007; Vaddiraju et al. 2010; Wilson and Gifford 2005). Initially,
these type of biosensors were designed for implantation in blood vessels (Kondo et al.
1982), in order to replace the gold-standard methods in glucose biomonitoring. However,
poor in vivo performance redefined the target implantation site and nowadays, implantable
biosensors for in vivo glucose biomonitoring are applied to subcutaneous implantation (Yoo
and Lee 2010).
Although several implantable biosensors for in vivo glucose biomonitoring are now
available (Rodbard 2016), a series of issues is still hampering their widespread application
as replacement of the conventional glucose biomonitoring methods (Keenan et al. 2009;
Kovatchev et al. 2008; Lodwig and Heinemann 2003; Pickup et al. 2005; Vaddiraju et al.
2010).
Optimization of implantable amperometric enzyme-based biosensors focuses on higher
accuracy and precision, improved biocompatibility and low cytotoxicity. The goal is, to
reliably monitor glucose for as long as possible and eventually to reach the “Holy Grail”,
a closed-loop device with a glucose monitoring system coupled to an automated insulin
administration device (Aye et al. 2010; Facchinetti et al. 2010; Mastrototaro and Lee 2009;
Penfornis et al. 2011; Wang 2008).
Although largely neglected, sterilization is a requirement for optimized implantable
enzyme-based biosensors (Oberländer et al. 2015; von Woedtke et al. 2002). However an
efficient sterilization method has to ensure not only the needs of sterility assurance but
has also to guarantee the functionality of the sterilized product. Note that the same active
principles that damage vital microorganism are able to influence the materials, as well as the
functionality of the biosensors (von Woedtke and Kramer 2008).
For sterilization procedures, the pharmacopeias demands a sterilization assurance level
(SAL) of 10-6, i.e. a probability of not more than one viable microorganism in 1x106 sterilized
items. Sterilization by ethylene oxide gas or by ionizing radiation, such as γ radiation, are
amongst the recommended methods from pharmacopeias (Commision 2016; Europe 2014).
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However, these methods usually compromise the functionality of the products and are often
regarded as harsh. Therefore milder variations, such as the combination of H2O2 with low
intensity γ-radiation have been explored (von Woedtke et al. 2002; von Woedtke and Kramer
2008).
An alternative to terminal sterilization is aseptic processing (Daniell et al. 2016).
However, aseptic processing is less cost-effective when compared with terminal sterilization.
Additionally, aseptic processing has been reported as less safe than terminal sterilization
procedures (von Woedtke and Kramer 2008).
Although the guidelines for SAL are quite strict, some authors advocate a tiered SAL
table, adjusted according to the respective utilization task. According to that alternative view
a SAL 10–6 for heat-resistant would have a suggested term: “Pharmaceutical sterilization”,
while SAL a 10–4 would be considered “High level sterilization”. Methods that would ensure
SAL 10–3 for heat-sensitive re-usable medical devices, would be considered “Low-level
sterilization”(von Woedtke and Kramer 2008).
Nonetheless, only a few dozen studies have been devoted to the impact of sterilization on
biosensor performance and were thoroughly reviewed by von Woedtke (von Woedtke et al.
2002; von Woedtke and Kramer 2008). Most of these studies show a significant impairment of
biosensor performance after sterilization. Unfortunately most of these studies focused on the
acute effects of sterilization and consider only sensitivity as the sole biosensor performance
parameter.
Here we describe and characterize, the acute and long-term effects of sterilization on
a novel flexible implantable amperometric enzyme-based biosensor for in vivo real-time
continuous glucose monitoring in subcutaneous tissue. Our biosensor includes a flexible
lead, coupled to a needle type microelectrode that can easily be incorporated in a CGM
device. The microelectrode surface was functionalized with the permselective membrane
Nafion. Although not entirely selective, Nafion is biocompatible, and dramatically increases
biosensor selectivity towards the major non- specific electroactive species present in
subcutaneous tissue: uric acid (UA) and ascorbic acid (AA)(Cordeiro et al. 2016; Oldenziel
and Westerink 2005; Sirca et al. 2014; Wahono et al. 2012; Walker et al. 2007). The specific
enzyme, (Glucose Oxidase) was immobilized in an hydrogel, assembled onto microelectrodes
previously functionalized with Nafion. In addition, to prevent, at least partially, the deleterious
effects of biofouling, (Jusoh et al. 2012; Koh et al. 2011; Ward 2007) we covered the biosensor
with a hollow regenerated cellulose based dialysis membranes (Figure 1).
In order to evaluate, the impact of sterilization on the performance of the biosensors we
sterilized them with a series of methods that assured proper SAL. Sterilized biosensors were
then electrochemically evaluated in vitro. Based on in vitro calibrations we were able to
estimate a series of relevant biosensor bioanalytical properties, both acutely and up to 4
weeks storage after each sterilization procedure.
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5.2-Materials and Methods
5.2.1- Materials
Glucose Oxidase (Asperillus Niger , Type-XII , 100kU), Nafion (25% v/v in aliphatic
alcohols), D-Glucose, uric acid (UA), l-ascorbic acid (AA) were obtained from Sigma
(St. Louis, Missouri, USA) without further purification, H2O2 (35 % v/w), Bovine Serum
Albumin, Glutheraldehyde (GA) (grade I, 25%, aqueous solution) were purchased from
Sigma Aldrich(St. Louis, Missouri, USA ). PtIr wire (125 µm Ø) was obtained from
Advent Research Materials (Oxford, UK). Chlorohexidine was purchased from VWR (The
Netherlands). Regenerated Cellulose (RC) membranes were obtained from Brainlink BV
(Groningen, The Netherlands). The prototype flexible leads were kindly provided from Data
Sciences International (DSI) (St Paul, Minneapolis, USA).
A phosphate buffer solution (PBS) was used containing 145 mM Na+, 1.2 mM Ca2+, 2.7
mM K+, 1.0 mM Mg2+, 152 mm Cl-, and 2.0 mM PO4- in ultrapurified water, brought to pH
7.4 with sodium hydroxide and degassed before use.
5.2.2- Biosensor assembly
The implantable glucose biosensors (Figure 1) were assembled based on a previously
described protocol (Cordeiro et al. 2015). Briefly, the surface of Pt/Ir needle type
electrodes (125 µm Ø x 10 mm) was modified on “layer by layer” manner. A permselective
membrane (Nafion) was assembled on the surface of bare electrodes. Then, Nafion coated
microelectrodes were manually coated (25 x) with an enzymatic hydrogel containing BSA
(1%), Glutheraldehyde (0.125%) and Glucose Oxidase (0.2 U/µL) and allowed to cure for
at least 48 hours. Finally, a hollow microdialysis membrane (RC) was applied onto the
microbiosensors.
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Figure 1- A- Schematic representation of a fully assembled flexible implantable amperometric enzyme-based
biosensors for in vivo glucose biomonitoring. B-Molecular geometry and working mechanism of the amperometric
enzyme-based biosensor.

5.2.3- Sterilization procedures
All biosensors, except the ones in the control group, were sterilized by a method that
would enable at least a 10-4SAL (von Woedtke et al. 2002). The procedures for sterilization
are as described.
5.2.3.1- Ethylene oxide
Biosensors were sterilized in validated EtOx gas sterilizers (Data Sciences International,
Minneapolis, USA) using a three phase method; Pre-conditioning, Sterilization: and Aeration
(to contain and eliminate residual EO emissions to ensure that it meets specified residual
limits outlined in ISO 10993-7).
5.2.3.2- γ- Radiation + H2O2
For γ-irradiation, Cesium 137 radioisotope sources (FWM, Radiotherapy, Groningen, The
Netherlands) were employed. The absorbed radiation was controlled, based on dosimetry and
the time of exposure. Biosensors were exposed to a total amount of radiation of 9 kGy. After,
biosensors were immersed in an hydrogen peroxide solution (0.8%) for 4 days (von Woedtke
et al. 2002).
5.2.3.3- Clorohexidine combined with Isopropyl Alcohol (IPA)
To evaluate the impact of a sterilization with IPA/chlorohexidine, biosensors were
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immersed in a solution of IPA (70% V/V) containing 5% (w/V) of chlorohexidine gluconate
for 30 minutes (Ahmed et al. 2000).
5.2.3.4- Hydrogen Peroxide
To test sterilization with hydrogen peroxide, biosensors were immersed in a 0.8% H2O2
solution for 4 days.
5.2.4-Electrochemical evaluation
In vitro microelectrode evaluations were carried as previously described (Cordeiro et
al. 2015). Biosensor were immersed in a constantly stirred PBS (pH 7.4) at 37ᵒ C, with
an applied potential of 700 mV vs. Ag/AgCl using a potentiostat (Pinnacle, model 3104
Pinnacle Tech. Inc., USA). After an initial equilibration period (approximately 45 min) when
a stable current was reached steady state parameters (noise and baseline) were assessed. Then,
non-specific electroactive species (UA 200 µM; and AA 250 µM) were added sequentially,
prior to consecutive additions of Glucose (0, 0.02, 0.05, 0.1, 0.2, 0.5, 1, 2, 4, 8, 16 and 32
mM) and H2O2 (50, 100 and 200 µM) (Burmeister et al. 2002; Wahono et al. 2012; Walker
et al. 2007). We monitored changes in oxidation currents in response to analyte addition.
Electrochemical evaluation was performed prior and after each sterilization procedure, when
applicable. Additional evaluations were performed weekly, up to 4 weeks after sterilization
to all biosensors.
5.2.5-Data analysis and statistical evaluation
All biosensor performance parameters were estimated based on the observed changes in
oxidation currents. Noise and limit of detection (LOD) were calculated by linear regression,
whereas linear range (LR), linear range slope (LRS), apparent Michaelis-Menten constant
(appKM) and maximum current intensity (IMax) were calculated using non-linear regression,
using a Michaelis-Menten derived kinetic model(O’Neill et al. 2008). Selectivity coefficients
(SC) were calculated as previously described (Cordeiro et al. 2016). Linear and non-linear
regression analysis were performed using GraphPad Prism 5.0. All data are presented as
mean±SEM (standard error of the mean).
All parameters were statistically evaluated either by one-way (PreC vs PostC) or two-way
ANOVA (long term evaluation). When necessary, additional Bonferroni post- hoc tests
were performed and p≤0.05 and p≤0.001 was considered, statistically significant and highly
significant, respectively. All statistical analyses were performed using SigmaStat 12.0.
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5.3- Results and Discussion
To understand the impact of sterilization on the performance of implantable amperometric
enzyme-based biosensors, we compared a range of performance parameters, prior and after
sterilization.
Most, if not all of the few studies devoted to the effect of sterilization on biosensor
performance, are focused on immediate effects. Moreover, all of them only evaluate a limited
amount of parameters (von Woedtke et al. 2002). In this study, we have evaluated, a much
larger range of key biosensors parameters. Furthermore, we evaluated not only the acute
effect of sterilization procedure, but also its impact on a longer periods (up to 4 weeks).
Additionally, we assessed not only the impact of each sterilization procedure on biosensor
sensitivity towards glucose, but also its effect on biosensor surface availability (by monitoring
responses to H2O2) and biosensor selectivity (by monitoring the SC for both AA and UA).
5.3.1- Pre Sterilization evaluation
In vitro evaluation of biosensor performance revealed that a steady-state of the sensor
current was consistently achieved 45 to 60 min after its immersion in the buffer (Figure 2).
Our data show that these biosensors take at least 15 additional minutes more to stabilize
when compared with biosensors with the same diameter but shorter length (1 mm)(Cordeiro
et al. 2015). It seems that in vitro stabilization time is dependent on the total electrode surface.
The use of an outer membrane (and its need for some hydration time) may also play a role in
the increase of the time necessary to reach steady-state, previously described (Baronas and
Kulys 2008).
Based on the steady state currents we estimated the noise levels of the biosensors prior
to the sterilization. We observed low noise levels (≤ 100 pA) for the described implantable
biosensor (Table 1 A).
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Figure 2- Typical in vitro calibration of a non-sterilized implantable glucose biosensor. Upon establishing a stable
baseline current we monitored changes in oxidation current in response to the consecutive administration of
intereferants (AA and UA) and target analytes (Glucose (0-32 mM and H2O2 – 200 µM).

In vitro calibrations revealed that these biosensors were selective by against the main
non-specific electroactive species present in subcutaneous interstitial tissue (AA and UA) in
its relevant range. Electrochemical evaluation showed that the developed biosensors were
highly sensitive to both Glucose and H2O2 (Figure 2). Based on in vitro calibrations we have
plotted the changes in oxidation current versus the levels of glucose (Figure 3).
We observed a high linear correlation between glucose and the measured oxidation currents
throughout the whole calibration range (R2≥ 0.9). However, there was an apparent decrease
in linearity for high glucose levels (≥ 16 mM), consistent with a typical Michalis-Menten-like
behavior (Rothwell et al. 2010).
We fitted the data form the calibration with a non-linear kinetic model (Cordeiro et al.
2015; O’Neill et al. 2008), for enzymes immobilized in electrochemical biosensors and its
derivation for surface independent kinetics. The results show a nearly perfect fit (R2≥ 0.99)
and allowed us to estimate several key biosensor parameters.
Our data show a low LOD for both glucose and H2O2 (2.96 ± 0.05 and 0.23±0.05 µM
respectively), indicating its suitability for monitoring real-time subcutaneous glucose levels.
Additionally we estimated a high appKM (28.12 ±0.78 mM), which is not far from the enzyme
activity in aqueous solution (33 mM) (Szajáni et al. 1987). The use of a crosslinking agent such
as GA, in the hydrogel assembly results in a decrease in appKM, thereby increasing biosensor
affinity. However the use of an outer membrane decreased the biosensor affinity, probably
by affecting glucose diffusion rate (Vasylieva et al. 2011). Microdialysis membranes, such
as RC, were described as able to increase the LR by reducing the analyte diffusion rates
(Cordeiro et al. 2015). Accordingly, the high LR (14.06 ±0.39 mM) observed, is most likely
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due to the decrease in diffusion rate, compensating for the increase in affinity due to enzyme
immobilization. Nevertheless, all biosensors were highly sensitive for both glucose and
H2O2 (LRS of 77.67±0.02 nA/mM for glucose and H2O2 1.91±0.18 nA/µM). The sensitivity
towards glucose is within the same range or even higher than some of reportedly highly
sensitive glucose biosensors (Hossain and Park 2016; Qiang et al. 2011; Vaddiraju et al.
2013), that were successfully employed for in vivo glucose biomonitoring. Our data suggest,
that the presently described biosensors may be able to reliably monitor not only basal values,
but also to monitor changes in glucose levels in subcutaneous tissue.
The use of a non-linear model for kinetic analysis (O’Neill et al. 2008) combined with the
use of mathematical models for selectivity (Cordeiro et al. 2016) allowed us to estimate 14
relevant biosensor performance parameters. This number, allowed us to study the effects of
sterilization on biosensor performance, in great detail.
5.3.2- Post Calibration - Short term
All biosensors were re-evaluated in vitro immediately after each sterilization procedure.
The data obtained from the post calibrations (PostC) were then compared to data determined
prior to sterilization. Post-calibrations clearly show (Figure 3) that sterilization, regardless of
the method, results in a significant decrease (at least 2 fold; p< 0.05) in oxidation currents. In
addition we found significant differences in oxidation currents, hence biosensor performance
parameters, amongst the various tested sterilization procedures (Table 1 A and B).

Figure 3 - In vitro calibration of the sensors prior and after each sterilization procedure. Data are mean+SEM.
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Using the data from the post-calibration we estimated the performance parameters of
the biosensors after sterilization (Table 1 A and B). The decrease in oxidation current due
to biosensor sterilization culminated in significant changes in glucose and H2O2 derived
biosensor performance parameters (Figure 3).
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A

B

H2O2
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Glucose

2,96 ± 0,05
28.12 ±0.78

LOD (µM)

KM (mM)

54,52 ± 4,53 **
0,43 ± 0,03 **

28.69±0.67

SI appKM

1.91±0.18
3.76±0.64
3.35±0.47

SC AA

SC UA

0.23±0.05

LRS (nA/(µM)

LOD (µM)

≥ 0.99

≥ 0.99

Pre-Calibration
n=39

960,24 ± 243,03 *

128.27±22.28

SC UA
R2

4,84 ± 0,81

6,71 ± 1,01

2,39 ± 0,19

0,59 ± 0,12 *

γ-radiation + H2O2
n=8

1561,41 ± 405,57 *

1.14±0.02
165.44±30.28

SI IMax

SC AA

29,21 ± 2,61 **

77.67±0.02
14.06 ±0.39

LR (mM)

18,68 ± 1,19 **

1091 ± 69,24 **

58,42 ± 5,21 **

43,75 ± 2,77 **

0,27 ± 0,06 **

γ-radiation + H2O2
n=8

LRS(nA/mM)

2184±34.94

IMax (nA)

app

0.08±0.001

Noise (nA)

Pre-Calibration
n=39

3,80 ± 1,20

2,23 ± 1,13

1,89 ± 0,40

0,23 ± 0,08

H2O2
n=7

≥ 0.99

960,43 ± 276,47*

2915,68 ± 1059,51**

0,23 ± 0,01 **

59,39 ± 4,03 **

32,46 ± 1,38 **

9,57 ± 0,30 **

621,6 ± 19,28 **

64,92 ± 2,76 **

21,83 ± 0,67 **

0,07 ± 0,01

H2O2
n=7

50,61 ± 15,19**

34,99 ± 10,24 **

0,25 ± 0,09 **

0,54 ± 0,21

CH+IPA
n=8

≥ 0.99

1227,44 ± 519,92 **

2061,36 ± 869,07 **

1,35 ± 0,09 **

12,27 ± 1,86 **

7,78 ± 1,05 **

17,92 ± 1,16 **

278,80 ± 17,99 **

15,56 ± 2,1 **

4,44 ± 0,29

0,03 ± 0,01

CH+IPA
n=8

2,47 ± 0,39

6,58 ± 3,07

2,96 ± 0,64 **

0,22 ± 0,06

Ethylene Oxide
n=6

≥ 0.99

146,75 ± 41,18

448,68 ± 150,22

0,36 ± 0,01 **

30,01 ± 0,78

14,70 ± 0,44

36,02 ± 0,64 **

1059 ± 18,76 **

29.40 ± 0,89

9,15 ± 0,16 **

0,11 ± 0,02

Ethylene Oxide
n=6

Table 1- Biosensor performance parameters estimated from the calibrations performed prior and after each sterilization method. A-Glucose related parameters B-H2O2
related parameters. Data are mean±SEM.
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Although all sterilization methods induced significant changes in several parameters, we
observed pronounced differences between the various methods.
The LRS for H2O2 was altered in half of the methods tested. Only the noise level was
altered in less than half of the sterilization methods. All other glucose derived parameters
(9/10) were significantly different in 3 of the 4 methods tested. Both IMax and glucose LRS
were different when compared with PreC values for all sterilized biosensors.
Our data shows that glucose-derived parameters were more affected by sterilization, than
H2O2 derived ones. The “layer by layer” assembly, with an additional outer membrane, may
have protected the inner permselective membrane. Being on top of the Nafion membrane, the
enzymatic hydrogel may be more prone to the noxious effect of the sterilization procedures.
It may even act as protective barrier to the inner membrane.
Although our results clearly show that all sterilization methods induce a significant
decrease in biosensor performance, it is not immediately clear to conclude which is the best
one.
However, analyzing the number of performance parameters changed as measure, a rather
objective conclusion can be reached (Figure 4). Sterilization by EtOx induced less changes
in biosensor performance parameters (5/14) than any other method. This was apparently
the milder sterilization procedure. Sterilization with either CH-IPA or γ radiation combined
with H2O2 resulted in changes in nearly all of the estimated performance parameters (11/14).
However, in the case of γ-rad, both SC for glucose displayed lower p values, thus less dramatic
changes. In that sense, we can say that CH- IPA was the most acutely harmful sterilization
method.

Figure 4 – Significant changes (p≤ 0.05) in biosensor performance parameters following each of the sterilization
procedures, when compared with its performance prior to sterilization.
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Nonetheless, not all performance parameters have the same weight regarding o the ability
of sterilized biosensor to selectively monitor changes in glucose when implanted. Therefore
we have evaluated in more detail the impact of each sterilization method on biosensor
performance.
5.3.2.1- Sterilization by Ethylene Oxide
Amongst all the tested sterilization procedures, ethylene oxide was the one that has induced
the least changes in the calculated biosensor performance parameters (5/14). Exposure of the
biosensors to EtOx resulted in a decrease in IMax , SI IMax, and glucose LRS when compared
with values obtained in the pre-calibration. Additionally this procedure also induced in an
increase in glucose LOD and in H2O2 LRS.
Since changes in H2O2 sensitivity are related to electrode active surface (Cordeiro et al.
2016; O’Neill et al. 2008; Rothwell et al. 2010), the increase in H2O2 LRS (1.91±0.18 vs 2,96
± 0,64 nA/µM p≤0.001) points to an increase in surface availability. Interestingly the increase
in surface availability did not induce a decrease in selectivity. No significant differences were
observed in the H2O2 SC for UA nor for AA. Together, these data suggest a disruption of the
inner Nafion membrane, thereby exposing a previously coated electrode surface.
The decrease of both IMax and SI IMax, as well as its derivative, glucose LRS points to
significant changes in the activity of the enzymes immobilized in the hydrogel. Since Imax
is related to Vmax (O’Neill et al. 2008), a decrease in this parameter reflects a decrease in
maximum velocity. The decrease in IMax combined with no changes in enzyme affinity
(appKM), fits well with the model for uncompetitive inhibition. Thus, it seems that EtOx may
act as uncompetitive inhibitor for immobilized glucose oxidase. Although EtOx has been
reported to inhibit enzyme activity (Matsuoka et al. 1990) it is the first time that its behavior
as uncompetitive inhibitor is demonstrated. The decrease in selectivity for glucose, due to
higher SC, is a consequence of lower sensitivity to H2O2, combined with higher surface
availability.
Our data contradicts an earlier study where Nafion coated glucose biosensors were
sterilized with EtOx that reported no changes in biosensor performance parameters. However,
despite using the same permselective membrane, our biosensor design is significantly
different than the one reported by Zhang (Zhang et al. 1991). Moreover, in the here presented
biosensor sensitivities for H2O2 and glucose are much higher (≥ 30 fold) when compared with
those reported by Zhang et al., allowing a more detailed detection of sterilization-induced
modifications. Furthermore, the pioneer study by Zhang and colleagues included a low
number of sterilized sensors (n=2).
It is evident that sterilization by EtOx affects biosensor performance negatively.
Furthermore, we found that the EtOx has differential effects on different biosensor membranes.
Nevertheless, biosensors sterilized with EtOx, were still very sensitive for glucose (LRS ≥30
nA/mM), indicating that they should be suitable to monitor physiologically relevant changes
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in glucose in vivo.
5.3.2.2- Sterilization by H2O2
Biosensors sterilized with H2O2 induced changes in more than half (9 of 14) of the
calculated performance parameters (Table 1 A and B). Interestingly, all parameters were
glucose-related, suggesting that this method has no acute effect on the inner permselective
membrane. Nonetheless it has a major effect on biosensor performance.
Our data show a decrease in IMax and SI IMax, as well as in the glucose LRS. Additionally, we
observed that appKM and SI appKM, LR and LOD all significantly increased. Changes in IMax and
LRS point to decrease in enzyme activity, most likely due to enzyme inactivation. Although
exposure to H2O2 can lead to enzyme inactivation both in its soluble and immobilized form
(Greenfield et al. 1975; von Woedtke et al. 1994; Wildberger et al. 1986), a study has reported
no changes in glucose after H2O2 sterilization (von Woedtke et al. 2002). However, one must
be aware the effect of H2O2 exposure can be device dependent (von Woedtke et al. 1994).
It is evident that sterilization by H2O2 has a strong negative impact on biosensor
performance. Nonetheless, the values for key biosensor such as the LOD, LRS and LR,
estimated after sterilization, indicate that the biosensors are still able to adequately monitor
glucose levels in vivo.
5.3.2.3- Sterilization by γ- Radiation combined with H2O2
The use of γ –rad it is considered to be a more effective sterilization method when compared
with the use of H2O2 alone. Although milder when compared with sterilization by γ –radiation
alone (≥10 kGγ) it is has been reported that the use of this method induces significant changes
in the performance of biosensors. Our data show that indeed, this method causes severe
changes in biosensor performance. In fact the number of performance parameters altered
after sterilization (11/14) is higher than sterilization by H2O2 alone. In addition to all the
parameters that were altered by H2O2 sterilization, the use of γ-rad sterilization resulted in
two additional parameters that were affected: the noise levels and LOD for H2O2.
As a consequence of the increase in noise levels, biosensors pretreated with γ radiation
displayed a 2-fold increase in the LOD for both glucose and H2O2. Nonetheless, LOD the
values are not much higher than for biosensors sterilized with other methods (≤1 µM for
H2O2 and ≤50 µM for glucose), and still suitable for monitoring changes in glucose levels.
Although sterilization with γ-radiation seems harsher than other sterilization methods
a closer look at biosensor performance provided some evidences on the contrary. Despite
the finding that IMax SI IMax and LRS were lower than for the non- sterilized biosensors,
they were 2-fold higher than in biosensors treated only with H2O2. Interestingly, we have not
found any differences in the affinity constants, nor LR between biosensors with and without
γ radiation treatment. Pre-treatment with γ rays irradiation may induced changes in either
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hydrogel morphology and/or quaternary structure of immobilized enzymes. While irradiation
even with low γ ray intensity (≤7kGy) results in severe denaturation of enzymes in aqueous
solution, its effect on immobilized enzymes is, as far as we know, unknown.
Nonetheless, irradiation with γ rays is widely used in the assembly of hydrogels and other
polymeric membranes (Inoue et al. 2006; Karadağ et al. 2005; Srinivas and Ramamurthi
2007). It is likely that exposure of these biosensors to γ radiation resulted in irreversible
changes in the morphology of the hydrogel and/or outer membrane. Hence, limiting the
diffusion of H2O2 limiting the access to the immobilized enzymes. Taken together, our data
suggest that pre-treatment with γ radiation may prevent part of the damaging effects of the
exposure to H2O2.
It is concluded that biosensors sterilized with γ radiation followed by H2O2 treatment, are
as selective, as yet more sensitive than the ones sterilized only with H2O2. Moreover, they
may be successfully applied for in vivo subcutaneous glucose biomonitoring.
5.3.2.4- Sterilization by Chlorohexidine and Isopropyl alcohol
Along with biosensors treated with γ radiation and H2O2, those exposed to CH- IPA
were the ones with more changes in performance parameters. The use of chlorohexidine
in combination with isopropyl alcohol as sterilizing agent resulted in significant changes in
11 out of 14 parameters analyzed. However, since changes in both glucose SC were greater
when compared to the ones induced by γ –rad and H2O2 (p≤ 0.001 vs p≤ 0.05), we can assume
that this was the most harmful of all sterilization methods tested.
This method was the only one to induce changes in H2O2 SC. Indeed, both the H2O2 SC
for UA and AA have substantially increased (≥ 10 fold) when compared to pre-sterilization
values. Intriguingly, we also observed a significant decrease in H2O2 LRS. Exposure of
the biosensors to CH-IPA, even for a short period (30 min), clearly resulted in a massive
modification of the inner permselective membrane. Apparently, it resulted in an almost
complete disappearance of biosensor selectivity.
The massive effect of CH-IPA is probably due to IPA rather than to CH. IPA is an aliphatic
alcohol, compounds that are well-known for their ability to act as organic solvents (Layek
and Nandi 2013; Nagasawa et al. 2011). In fact, in its soluble form Nafion is stored solved in
a mix of aliphatic alcohols. Immersion of the biosensors in a solution of CH-IPA may have
induced a complete surface rearrangement, most likely with extensive implications for the
hydrogel morphology.
All glucose-related performance parameters, except noise and LOD were significantly
different than those estimated prior to sterilization. We observed a major decrease (nearly
10 fold) in IMax. However, sterilized with CH-IPA resulted in a significant increase in SI IMax
which may be a consequence of the decrease in surface availability rather than changes in
enzyme activity. As a matter of fact, the increase of SI IMax points an higher enzyme activity
when compared with values prior to the sterilization. Although enzyme activation due to
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sterilization is highly unlikely, the impact of CH-IPA on hydrogel morphology may have
allowed a better access of glucose to the immobilized enzymes. The decrease in appKM and SI
K , thus LR, further points to such condition.
app M
It has been described that exposure of enzymes to CH (in concentrations as low as
0.01%) resulted in significant decreases in enzyme activity (Knuuttila and Söderling 1981).
However, exposure of the immobilized enzymes to CH may not be main cause for the
changes observed in glucose related parameters. Albeit some enzyme activity may have been
lost due to exposure to CH, overall there was an unexpected increase in enzyme activity. It
seems that the tremendous effect of exposure to IPA on biosensor surface properties, seemed
to overcome the deleterious effect of CH on enzyme activity.
Nevertheless, the decrease in sensitivity, biosensor affinity, LR and especially selectivity
indicate that sterilization of biosensors with CH-IPA may be the only method that results in
biosensors unable to monitor subcutaneous glucose in vivo.
5.3.3- Post Calibration – Long term
It has been discussed that there is a lack of studies focused on the impact of sterilization
on biosensor performance. Nonetheless a few dozen studies (von Woedtke et al. 2002) report
the immediate effects of sterilization. However, none, except the inceptive study of Von
Woedtke, goes beyond the acute effects of sterilization on biosensor performance. Although
the authors focused solely on the evaluation a few performance parameters, they were the
first to report the impact of long term sterilization. Therefore we have evaluated biosensors,
weekly, up for 4 weeks after the sterilization was performed.
5.3.3.1 - Non-Sterilized biosensors
Non-sterilized biosensors, were used as control to assess the long term effects of
sterilization on biosensor performance. These biosensors were calibrated, in vitro, every
week, for 4 consecutive weeks. Consecutive evaluations of non-sterilized biosensors showed
no significant differences in the profile of the consecutive calibrations (Figure 5). We did not
observe differences in oxidation currents in response to consecutive additions of glucose.
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Figure 5 - In vitro calibration of the non-sterilized biosensors for four consecutive weeks. Data are mean±SEM.

However, fitting the data into the non-linear kinetic model revealed slight but significant
differences in several biosensor performance parameters over the course of the 4 weeks
following initial calibration (Fig S2), especially for glucose related parameters (Table 2 A
and B).
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H2O2

B

Glucose

A

28.12 ± 0.78

KM (mM)

28.69 ± 0.67

1.14 ± 0.02

165.44 ± 30.28

128.27 ± 22.28

SI appKM

SI IMax

SC AA

SC UA

0.23 ± 0.05
1.91 ± 0.18
3.76 ± 0.64
3.35 ± 0.47

LOD (µM)

LRS (nA/(µM)

SC AA

SC UA

≥ 0.99

234,38 ± 39,22

215,07 ± 41,07

0,96 ± 0,03 **

17.17 ± 1,26 **

8.97 ± 0,76 **

100.45 ± 4,25 **

1801 ± 76,19 **

17,93 ± 1,52 **

1,65 ± 0, 07

0,06 ± 0,02

Week 1
n=8

Not Available

Post-Calibration

Not Available

Post- Calibration

Pre-Calibration
n=39

≥ 0.99

14.06 ± 0.39

LR (mM)

R2

77.67 ± 0.02

LRS(nA/mM)

IMax (nA)

2184.00 ± 34.94

2,96 ± 0,05

LOD (µM)

app

0.08 ± 0.001

Noise (nA)

Pre-Calibration
n=39

0,07 ± 0,01
2,37 ± 0,13
18,53 ± 1,96 **
1693 ± 90,62 **

0,13 ± 0,04
3,93 ± 0,13
20,82 ± 1,28 **

0,92 ± 0,03
16,87 ± 1,09 **

6,84 ± 0,94

5,89 ± 1,12

1,80 ± 0,13

0,06 ± 0,02

Week 1
n=8

1,93 ± 0,25
7,39 ± 1,38
11,02 ± 2,21

2,54 ± 0,24
4,71 ± 0,37
6,85 ± 0,51

≥ 0.99

0,34 ± 0,11

442,88 ± 125,2 **

294,19 ± 40,02

0,06 ± 0,01

240,58 ± 55,89

215,95 ± 30,64

Week 3
n=8

0,94 ± 0,02 **

0,96 ± 0,02 **

Week 2
n=8

≥ 0.99

19,45 ± 0,93 **

15,59 ± 0,80 **

≥ 0.99

416,32 ± 94,9 **

10,41 ± 0,64 **

8,44 ± 0,55 **

10,12 ± 1,68 *

9,12 ± 1,76 *

1,96 ± 0,16

0,15 ± 0,04

Week 4
n=8

400, ± 99,3

0,77 ± 0,03 **

16,86 ± 1,53 **

9,27 ± 0,98 **

91,37 ± 4,89 **

2020 ± 65,37
97,02 ± 3,14 **

1835 ± 58,33 **
108,77 ± 3,46 **

0,03 ± 0,01

Week 4
n=8

Week 3
n=8

Week 2
n=8

Table 2- Biosensor performance parameters estimated from the weekly calibrations for non-sterilized biosensors. A-Glucose related parameters B-H2O2 related parameters.
Data are mean ± SEM. * and ** denote a significant difference (p≤ 0.05 and p≤ 0.001) vs Pre Calibration.
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No major changes were observed in the H2O2 related parameters, except for a slow
gradual increase in both SC (AA and UA). Both parameters reached significantly higher
values at week 4, when compared with pre calibrations values (3.76±0.64 vs 9.12±1.76 for
AA and 3.35±0.47 vs 1012±1,68 , p≤ 0.05). Since no change in H2O2 LRS, thus in active
surface, was observed this decrease in selectivity is most likely due to a reduction of the
Nafion membrane. Although stored in the dark, at room temperature, the biosensors were
in presence of O2. This exposure may have induced changes in ion- exchange properties of
Nafion membrane, reducing its selective properties only to size exclusion.
Despite an apparent similarity amongst all the calibrations, we observed significant
differences in most glucose related parameters. Only the glucose LOD and the noise levels
remained unchanged during the experiment.
We observed a significant decrease both appKM and SI appKM , immediately at week 1 (28.12
±0.78 and 28.69±0.67 vs 17,93±1,52 and 17,17±1,26, p< 0.001). Since the IMax was only
slightly affected, it is unlikely that this decrease may have been due to enzyme degradation/
inactivation. The hydration of the biosensor upon the initial calibration, combined with
the dry storage, may have contributed to the changes affinity of the biosensor towards
glucose. This sharp decrease in the affinity constants, resulted in a decrease in biosensor LR.
However, none of these parameters were altered by any of the other calibrations, suggesting
an irreversible yet stable alteration in the morphology of either the hydrogel morphology or
the outer membrane.
Since no major changes in IMax were observed, the decrease in LR implied a significant
increase in LRS after 1 week, that remained fairly constant for the following 3 weeks.
Although at first glance it seemed that the biosensor performance remained unchanged
throughout the whole experiment, we observed changes in glucose related performance
parameters after week 1. No further changes, except of a gradual increase in H2O2 SC were
observed throughout the remainder of the experiment. However, in a “real” application,
the need for consecutive biosensor re-calibrations of would be residual. Nevertheless the
study of non-sterilized biosensors provided some valuable insights to improve their storage
conditions.
5.3.3.2- Sterilization by Ethylene oxide
Consecutive weekly evaluations of biosensors sterilized with EtOx resulted in significantly
different calibration profiles. We observed (Figure 6) a significant decrease in the oxidation
currents of the biosensors in response to high glucose concentrations (≥ 16 mM), from post
calibration to week 1 and then to week 2 post-sterilization. No further differences in oxidation
currents for any glucose level were observed, beyond week 2.
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Figure 6 – Consecutive In vitro calibrations of biosensors sterilized with EtOx. Data are mean±SEM.

Additional gradual changes in biosensors performance (Figure S3) were seen when
compared to those observed immediately after sterilization (Table 3 A and B).
Our data showed (Table 3 B) a gradual increase of H2O2 LRS from PreC to PostC and
then to week 1. No further changes were observed after week 1. The gradual increase in
H2O2 sensitivity, thus surface availability, had a negative impact on selectivity. We observed
a gradual increase in SC for AA that reached statistical significance after week 1. No further
changes were observed after week 1. Interestingly no significant increase was observed in the
SC for UA. The lower oxidation currents by UA oxidation at the electrode surface (Cordeiro
et al. 2016), when compared with AA may be the reason why the UA SC was not affected by
the increase in electrode active surface. Collectively, these data suggest that the mild effect
of EtOx on the inner membrane is amplified within the first week following sterilization.
Interestingly, the decrease in surface availability, with its negative impact on biosensor
selectivity, did not induce an increase in the oxidation currents. Biosensors sterilized with
EtOx displayed an additional decrease in IMax and SI IMax compared to that observed after
sterilization from PC to week 1 and then to week 2. The decrease in IMax along with a decrease
in SI IMax, suggest that the inhibitory effect of EtOx is long lasting and enhanced in the first
2 weeks after sterilization. Additionally we observed a decrease in both appKM and SI appKM,
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and its derivative LR, from PC to week 1. No further decrease was observed in any of these
parameters until the end of the experiment. These data suggest that either hydrogel or outer
membrane degradation due to exposure to EtOx may be responsible for the enhanced LR of
these biosensors.
The changes observed in IMax and appKM, resulted in an additional decrease in LRS from
PC to week 1 and then to week 2, despite a significant decrease in LR from PC to week 1.
Although the LR has decreased 2-fold and biosensor active surface increased, the sensitivity
within this limited range has significantly decreased for the first two weeks post sterilization.
This affected the LOD of the biosensors, which was almost 10 fold higher 4 weeks after
sterilization when compared to values than prior to EtOx exposure. Consequently, the glucose
SC for both AA and UA also suffered a gradual increase from PreC to week 2. As for all other
performance parameters, no further changes were observed.
Overall, our data show that the deleterious effects of EtOx on biosensor performance are
not confined to the procedure itself. These are amplified on long term storage when compared
with its acute effects. While only 5 biosensor performance parameters are affected directly
after sterilization, 11 are significantly different after 4 weeks storage.
Although the sterilization with EtOx resulted in a very pronounced decrease in biosensor
performance, our data show that these biosensors still may be able to monitor in vivo glucose
reliably. Although the selectivity, sensitivity and LR are severely impaired, the calculated
LOD after 4 weeks is sufficient and the LRS although significantly lower, may be sufficient
for in vivo glucose biomonitoring. However, the LR is lower than the maximum subcutaneous
glucose levels expected for extreme hyperglycemia conditions. This may impair the ability of
the sensors to monitor changes in glucose. However, recent advances in non-linear regression
models for CGM (Facchinetti et al. 2014; Facchinetti et al. 2007; Lodwig and Heinemann
2003; O’Neill et al. 2008) combined with a recent evidences on the increase in biosensor LR
(Cordeiro et al. 2015) even upon acute implantation (≤ 8hrs), may enable accurate glucose
biomonitoring with these biosensors.
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H2O2

B

Glucose

A

448,68 ± 150,22 *
146,75 ± 41,18
≥ 0.99

14.06 ± 0.39

28.69 ± 0.67

1.14 ± 0.02

165.44 ± 30.28

128.27 ± 22.28

≥ 0.99

LR (mM)

SI appKM

SI IMax

SC AA

SC UA

1.91 ± 0.18

3.76 ± 0.64

3.35 ± 0.47

SC AA

SC UA

0.23 ± 0.05

LRS (nA/(µM)

LOD (µM)

Pre-Calibration
n=39

0,36 ± 0,01 **

77.67 ± 0.02

R

1059 ± 18,76 **

2184 ± 34.94

IMax (nA)

LRS(nA/mM)

2

29.40 ± 0,89

K (mM)
app M

2,47 ± 0,39

6,58 ± 3,07

2,96 ± 0,64

0,22 ± 0,06

Post-Calibration
n=6

30,01 ± 0,78

14,70 ± 0,44

36,02 ± 0,64 **

9,15 ± 0,16 **

2,96 ± 0,05

28.12 ± 0.78

LOD (µM)

0,11 ± 0,02

0.08 ± 0.001

Post- Calibration
n=6

Noise (nA)

Pre-Calibration
n=39

4,37 ± 0,82

10,90 ± 1,51 **

6,02 ± 0,50 **

0,13 ± 0,02

Week 1
n=6

≥ 0.99

518,38 ± 97,15

3166,74 ± 456,83 **

0,07 ± 0,003 **

18,09 ± 1,39 **

6,95 ± 0,39 **

39,09 ± 0,10 **

543 ± 13,88 **

13.89 ± 0,77 **

14,53 ± 0,37 **

0,19 ± 0,04 *

Week 1
n=6

5,20 ± 1,13

12,05 ± 1,86 **

5,23 ± 0,49 **

0,08 ± 0,009

Week 2
n=6

0,98

1240,62 ± 281,10 **

7601,69 ± 1723,21 **

0,04 ± 0,007 **

21,15 ± 6,32

7,37 ± 2,06 **

18,30 ± 2,39 **

269,7 ± 35,3 **

14.74 ± 4,11 *

16,53 ± 2,16 **

0,10 ± 0,02

Week 2
n=6

12,94 ± 2,08 **
5,75 ± 1,38

5,82 ± 1,99

Week 4
n=6

Week 3
n=6

12,43 ± 2,20 **

0.98

0,98

0,15 ± 0,06

1320,13 ± 374,56 **

1261,08 ± 427,15**

6,12 ± 0,83 **

7375,01 ± 1732,86**

6708,59 ± 1362,65 **

0,13 ± 0,02

0,04 ± 0,005 **

0,03 ± 0,004 **

5,63 ± 0,65 **

6,30 ± 1,51 **
18,53 ± 5,06 **

23,77 ± 2,32 **
5,24 ± 1,22 **

305,3 ± 32,7 **
24,23 ± 2,60 **

249,1 ± 24,32 **

15,21 ± 3,97 **

20,92 ± 2,24**
12.60 ± 3,02 **

35,75 ± 3,49**

0,17 ± 0,05

0,28 ± 0,10**
10.48 ± 2,43 **

Week 4
n=6

Week 3
n=6

Table 3- Biosensor performance parameters estimated from the weekly calibrations for biosensors sterilized with EtOx. A-Glucose related parameters B-H2O2 related
parameters. Data are mean±SEM. * and ** denote a significant difference (p≤ 0.05 and p≤ 0.001) vs Pre Calibration.
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5.3.3.3- Sterilization by H2O2
We observed a significant increase in biosensor oxidation currents for high glucose levels
(≥ 8 mM) at week 1 when compared with those observed immediately after sterilization
(Figure 7). Nevertheless the oxidation currents were lower than observed prior to sterilization
for most of the calibration range (≥ 1 mM).
After this increase, oxidation currents decreased once again after week 2 to values similar
to those observed immediately after sterilization. No further changes in oxidation currents
were observed in from week 2 to week 4 (Figure S4).

Figure 7 – Consecutive In vitro calibrations of biosensors sterilized with H2O2. Data are mean±SEM.

The changes in calibration profiles resulted in differences in several of the performance
parameters, when compared with the values obtained pre and directly after post sterilization.
Our data (Table 4 B) show oscillations in the LRS for H2O2. While no changes where
noticed after sterilization, H2O2 LRS at weeks 1 and 2 were higher when compared with PreC
values. However, from week 2 on, we observed a progressive decrease to reach levels similar
to those estimated prior to sterilization. Additionally, we observed a decrease in selectivity,
thus increase in the H2O2 SC for both AA and UA from PostC to week 1, after which these
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values remained unchanged. Data obtained by the PostC evaluation showed no effect of H2O2
exposure on the Nafion membrane. However, the data from consecutive evaluation shows a
prolonged negative effect of this method on the properties of the permselective membrane.
Unfortunately, the effect of H2O2 sterilization was not confined to H2O2 related performance
parameters. Our data show that IMax, but not SI IMax increased (nearly 2 fold) from PC to week
1 (621.6±19,28 vs 1033±107.3 nA, p≤ 0.001). This implies that the increase in IMax is due to
an increase in surface availability. Additionally, we observed a significant decrease in appKM
and SI appKM. to value similar to those observed prior to the sterilization. These changes
implied significant changes in its derivative parameters, LR and LRS. After week 1 the LR
was lower than observed in the PC (11,46±2,20 vs 32,46 ± 1,38 mM, p≤ 0.001). The increase
in IMax, combined with the decrease in LR resulted in a 5 fold increase in LRS (45,09±4,68 vs
9,57±0,30 nA/mM). In turn, the increase in LRS, coupled with the noise reduction resulted in
decrease in glucose LOD to levels below 10 µM.

165

5

B

H2O2

166

Glucose

A

14.06 ± 0.39

28.69 ± 0.67

1.14 ± 0.02

165.44 ± 30.28

128.27 ± 22.28

≥ 0.99

LR (mM)

SI appKM

SI IMax

SC AA

SC UA

1.91 ± 0.18

3.76 ± 0.64

3.35 ± 0.47

SC AA

SC UA

0.23 ± 0.05

LRS (nA/(µM)

LOD (µM)

2

Pre-Calibration
n=39

≥ 0.99

77.67 ± 0.02

LRS (nA/mM)

R

960,43 ± 276,47

2184 ± 34.94

IMax (nA)

21,83 ± 0,67**

3,80 ± 1,20

2,23 ± 1,13

1,89 ± 0,40

0,23 ± 0,08

Post-Calibration
n=6

2915,68 ± 1059,51 *

0,23 ± 0,01 **

59,39 ± 4,03 **

32,46 ± 1,38 **

9,57 ± 0,30 **

621,6 ± 19,28

64,92 ± 2,76 **

2,96 ± 0,05

28.12 ± 0.78

K (mM)
app M

0,07 ± 0,01

Post- Calibration
n=7

LOD (µM)

0.08 ± 0.001

Noise (nA)

Pre-Calibration
n=39

9,00 ± 2,27 *

8,81 ± 2,25

4,71 ± 0,74 *

0,09 ± 0,02

Week 1
n=6

≥ 0.99

2612,92 ± 683,95

2998,99 ± 785,09 *

0,18 ± 0,02 ** #

20,00 ± 4,82 ** ##

11,46 ± 2,20 ##

45,09 ± 4,68 ** ##

1033 ± 107,3** ##

22,91 ± 4,39 ##

6,63 ± 0,69* ##

0,01 ± 0,02 * ##

Week 1
n=7

7,94 ± 2,31

12,34 ± 4,01 *

4,03 ± 0,63 *

0,12 ± 0,03

Week 2
n=6

≥ 0.99

5884,67 ± 2228,92 **

4492,60 ± 1643,22**

0,23 ± 0,01 **

55,27 ± 3,02 **

28,04 ± 2,19 **

18,44 ± 1,02 **

1034 ± 56,96 **

56,07 ± 4,39 **

18,52 ± 1,02 **

0,11 ± 0,01

Week 2
n=7

9,79 ± 2,72 *

13,28 ± 3,41 *

3,05 ± 0,59

0,11 ± 0,04

Week 3
n=6

≥ 0.99

6106,26 ± 2056,38 **

5110,43 ± 1735,73 **

0,27 ± 0,002 **

48,92 ± 0,51**

23,67 ± 0,46 **

20,40 ± 0,27 **

965,9 ± 12,72 **

47,34 ± 0,93 **

13,72 ± 0,18 **

0,09 ± 0,04

Week 3
n=7

9,73 ± 2,75 *

13,68 ± 4,14 *

2,46 ± 0,35

0,28 ± 0,07

Week 4
n=6

≥ 0.99

5647,41 ± 1662,19 **

4619,96 ± 1348,70 **

0,23 ± 0,01 **

40,43 ± 3,49 **

20,67 ± 1,58 **

16,3 ± 0,81 **

677 ± 33,48 **

41,34 ± 3,15 **

33,04 ± 1,63 **

0,18 ± 0,04 **

Week 4
n=7

Table 4- Biosensor performance parameters estimated from the weekly calibrations for biosensors sterilized with H2O2. A-Glucose related parameters B-H2O2 related
parameters. Data are mean±SEM. * and ** denote a significant difference (p≤ 0.05 and p≤ 0.001) vs Pre Calibration and # and ## denote a significant difference (p≤ 0.05
and p≤ 0.001) between PC and week 1 evaluation.
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The impact of sterilization on the performance of an implantable enzyme-based
glucose biosensor
Collectively, our data suggest that the striking acute effect of H2O2 sterilization is somehow
reversed 1 week after sterilization. It is possible that a significant amount of H2O2 molecules
have been entrapped within the hydrogel, or between the hydrogel and outer membrane wall.
Indeed, the ability of some hydrogels to encapsulate/retain H2O2 for a significant amount of
time has been reported (Hoare and Kohane 2008; Sudur and Orbey 2015; Sudur et al. 2015;
Trusek-Holownia and Noworyta 2015). The partial recovery of biosensor performance one
week after sterilization may be due to the fact that immediately after sterilization, a significant
amount of H2O2 may have been entrapped within the enzymatic hydrogel. Its release upon
calibration may be the reason why biosensor performance has increased form PC to week
1. The putative release of the entrapped H2O2, is a cause of concern. Significant amounts of
H2O2 have been described to cause significant damage on the surrounding tissue of biosensor
implantation sites. Nevertheless, biosensor performance hasn’t reached the levels prior to its
sterilization. Hence part of the decrease in biosensor performance after sterilization was due
to enzyme inactivation by exposure to H2O2.
After the surprising increase in biosensor performance from PostC to week 1 we observed
a slight decrease from week 1 to week 2, and no further noticeable changes thereafter. We
have witnessed an increase in both SI appKM and appKM, but no changes in either IMax nor SI IMax.
This increase in appKM is probably due to the irreversible enzyme inactivation by exposure to
H2O2. In turn, the decrease in appKM resulted in a decrease in LR and LRS.
As the SC is a function of analyte sensitivity, we observed a significant increase in
glucose SC for both AA and UA when compared with the values estimated one week after
sterilization. Here too, no further changes were observed beyond week 2.
Overall our data show that while some of the acute harmful effects of H2O2 exposure are
partially reversed one week after sterilization, other become only noticeable at least one week
after sterilization. Nevertheless the long term effects of biosensor exposure to H2O2 are quite
complex and result in a significant decrease in biosensor performance. Regardless, biosensor
performance estimated 4 weeks after sterilization indicate that they are still liable to detect
glucose in vivo.
5.3.3.4- Sterilization by γ- radiation combined with H2O2
Consecutive calibrations of biosensors sterilized with γ-radiation in combination with
H2O2 displayed different profile when compared with sterilization with H2O2 alone (Figure 8).
Following a significant decrease in oxidation currents immediately after sterilization, no
further changes were observed, for any of the subsequent weekly calibrations.
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Figure 8 – Consecutive In vitro calibrations of biosensors sterilized with radiation combined with H2O2. Data are
mean±SEM.

We did not observed major changes in H2O2 related parameters besides the increase in SC
for both AA and UA (Table 5-B). The values of H2O2 SC 4 weeks and its gradual increase
are very similar to those obtained for non-sterilized biosensors, thus seem independent of the
sterilization method. However, we did find slight, but additional differences in some of the
glucose-related biosensors performance parameters, beyond the acute sterilization effects,
especially after week 1 (Table 5A).
While no major changes were observed from PostC to week 1, some parameters were
altered upon evaluation two weeks after sterilization. We observed a decrease in both IMax
and appKM that would imply an increase in biosensor affinity along with a decrease enzyme
activity. This may be due to a decrease in the amount of enzymes active within the hydrogel.
The decrease in appKM, implied a decrease in LR, with no impact on biosensor sensitivity
within its LR.
Although selectivity seemed to be gradually decreasing after biosensor sterilization, it only
reached significantly different values from PreC, two weeks after sterilization. These values
remained unchanged throughout the rest of the experiment. This might be a consequence
of the slow degradation of the inner permselective membrane, enhanced by the decrease in
biosensor sensitivity to glucose.
Additional pre-treatment with γ radiation resulted in a more stable, yet less effective
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behavior than for biosensors sterilized only with H2O2. The morphologic changes induced
by preliminary γ irradiation may have hindered the complete extent of the effect of H2O2
exposure on biosensor performance. However, in the long run no major changes were
observed between biosensor sterilized H2O2 with and without γ-radiation. It is concluded that
sensors sterilized with H2O2 combined with γ-radiation are suitable for in vivo biomonitoring
of subcutaneous glucose.
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B

H2 O2

170

Glucose

2,96 ± 0,05

28.12 ± 0.78

KM (mM)

1.91 ± 0.18

3.76 ± 0.64

3.35 ± 0.47

LRS (nA/(µM)

SC UA

0.23 ± 0.05

SC AA

LOD (µM)

Pre-Calibration
n=39

≥ 0.99

128.27 ± 22.28

SC UA

R2

1.14 ± 0.02

165.44 ± 30.28

SI appKM

SC AA

28.69 ± 0.67

LR (mM)

SI IMax

77.67 ± 0.02

14.06 ± 0.39

LRS(nA/mM)

2184 ± 34.94

IMax (nA)

app

0.08 ± 0.001

LOD (µM)

Pre-Calibration
n=39

Noise (nA)

A

4,84 ± 0,81

6,71 ± 1,01

2,39 ± 0,19

0,59 ± 0,12 *

Post- Calibration
n=8

≥ 0.99

960,24 ± 243,03

1561,41 ± 405,57

0,43 ± 0,03 **

54,52 ± 4,53 **

29,21 ± 2,61 **

18,68 ± 1,19 **

1091 ± 69,24 **

58,42 ± 5,21 **

43,75 ± 2,77 **

0,27 ± 0,06 **

Post- Calibration
n=8

5,89 ± 1,26

5,93 ± 0,93

2,39 ± 0,14

0,39 ± 0,05

Week 1
n=8

≥ 0.99

1466,81 ± 311,31

1794,06 ± 403,32

0,38 ± 0,01 **

62,98 ± 3,02 **

33,67 ± 1,97 **

14,12 ± 0,61 **

950,6 ± 41 **

67,33 ± 3,95 **

40,28 ± 1,73 **

0,19 ± 0,03 *

Week 1
n=8

16,02 ± 3,60**

9,17 ± 1,34 *

2,25 ± 0,15

0,47 ± 0,11

Week 2
n=8

≥ 0.99

3936,77 ± 1277,94 **

2661,01 ± 779,33 **

0,3 ± 0,03 **

40,52 ± 6,53

19,83 ± 3,48

16,08 ± 1,81 **

637,7 ± 71,81 **

39,66 ± 6,97 *

41,75 ± 4,70 **

0,22 ± 0,06 **

Week 2
n=8

10,58 ± 1,99 **

6,97 ± 1,04

2,91 ± 0,26

0,19 ± 0,03

Week 3
n=8

≥ 0.99

1990,31 ± 1790,69

1716,13 ± 1280,93

0,18 ± 0,02 **

42,28 ± 8,04 *

20,43 ± 3,15 *

12,60 ± 1,25 **

514,7 ± 51,26 **

40,85 ± 6,29 *

24,89 ± 2,48 **

0,10 ± 0,02

Week 3
n=8

13,45 ± 2,34 **

9,39 ± 1,48 **

2,47 ± 0,07

0,30 ± 0,07

Week 4
n=8

≥ 0.99

4584,17 ± 1139,18**

3722,34 ± 931,18 **

0,26 ± 0,02 **

56,65 ± 7,65 **

24,66 ± 2,79 **

10,21 ± 0,79 **

503,7 ± 38,82 **

49,32 ± 5,58 **

35,23 ± 2,71 **

0,12 ± 0,02

Week 4
n=8

Table 5- Biosensor performance parameters estimated from the weekly calibrations for biosensors sterilized with γ radiation and H2O2. A-Glucose related parameters
B-H2O2 related parameters. Data are mean ± SEM. * and ** denote a significant difference (p≤ 0.05 and p≤ 0.001) vs Pre Calibration.
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5.3.3.5- Sterilization by Chlorohexidine and Isopropyl alcohol
After a sharp decrease immediately after sterilization with chlorohexidine and isopropyl
alcohol, we did not observe any additional differences glucose oxidation currents (Figure 9).
Subsequently, no further changes were observed either in H2O2- nor glucose-related
parameters (Table 6 A and B), in addition to those observed immediately observed after
sterilization. The changes induced to the morphology of the biosensors by its exposure CHIPA seemed to be irreversible and unaffected even 4 weeks after sterilization. Due to its poor
performance, biosensors sterilized with CH-IPA are the only ones that won’t be suitable to
reliably monitor glucose in vivo.

5

Figure 9 – Consecutive In vitro calibrations of biosensors sterilized with CH-IPA. Data are mean±SEM
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B

Glucose

H2O2

172

A

K (mM)
app M

1.91 ± 0.18
3.76 ± 0.64
3.35 ± 0.47

SC AA

SC UA

0.23 ± 0.05

LRS (nA/(μM)

LOD (μM)

128.27 ± 22.28

SC UA
1227,44 ± 519,92

2061,36 ± 869,07

50,61 ± 15,19 **

34,99 ± 10,24 **

0,25 ± 0,09 **

0,54 ± 0,21

Post- Calibration
n=8

165.44 ± 30.28

SC AA

1,35 ± 0,09 *

12,27 ± 1,86 **

Pre-Calibration
n=39

1.14 ± 0.02

SI IMax

≥ 0.99

28.69 ± 0.67

SI appKM

7,78 ± 1,05 **

17,92 ± 1,16 **

278,80 ± 17,99 **

15,56 ± 2,1 **

4,44 ± 0,29

0,03 ± 0,01 **

Post-Calibration
n=8

≥ 0.99

14.06 ± 0.39

LR (mM)

R2

77.67 ± 0.02

LRS(nA/mM)

2184.00 ± 34.94

2,96 ± 0,05
28.12 ± 0.78

LOD (µM)

IMax (nA)

0.08 ± 0.001

Noise (nA)

Pre-Calibration n=39

44,29 ± 11,54 **

18,78 ± 4,60 **

0,36 ± 0,14 **

0,45 ± 0,14

Week 1 n=8

≥ 0.99

1607,99 ± 650,73

1624,88 ± 625,41

1,00 ± 0,07

16,87 ± 2,51 **

8,78 ± 1,30 **

17,23 ± 1,27 **

302,50 ± 22,23 **

17,56 ± 2,60 **

6,98 ± 0,51

0,04 ± 0,01 * *

Week 1 n=8

60,61 ± 16,27**

29,15 ± 7,15 **

0,29 ± 0,07 **

0,60 ± 0,14

Week 2 n=8

≥ 0.99

1857,22 ± 898,91

2124,86 ± 987,99

1,18 ± 0,10

16,4 ± 2,93 **

7,90 ± 1,20 **

16,72 ± 1,22 **

264,20 ± 19,34 **

15,8 ± 2,41 **

9,40 ± 0,69

0,05 ± 0,01 *

Week 2 n=8

59,99 ± 12,87 **

24,04 ± 4,62 **

0,28 ± 0,06 **

1,39 ±0,71 *

Week 3 n=8

0.99

2533,27 ± 1525

2510,62 ± 1514

0,83 ± 0,06 *

15,24 ± 2.16

6,04 ± 0,92 *

14,25 ± 0,96

172.00 ± 11,56

12,07 ± 1,84

16,57 ± 1,11

0,08 ± 0,01

Week 3 n=8

Table 6- Biosensor performance parameters estimated from the weekly calibrations for biosensors sterilized with CH-IPA. A-Glucose related parameters B-H2O2 related
parameters. Data are mean±SEM. * and ** denote a significant difference (p≤ 0.05 and p≤ 0.001) vs Pre Calibration.
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5.3.3.6- A summary of the long term effects of biosensor sterilization
The detailed characterization of the electrochemical properties of the biosensor allowed
us to obtain a better understanding of on the effects of sterilization on biosensor performance.
Based on the collected electroanalytical data, we performed a qualitative evaluation of the
various sterilization procedures. In Table 7 the impact on the various sterilization protocols
on the properties on both the permselective membrane and the enzymatic hydrogel is
summarized.
Additionally, we deconstructed the effect of sterilization in overall biosensor performance.
We qualitatively evaluated the effects of sterilization on the integrity of each membrane
composing the biosensor molecular geometry.
Table 7 - Qualitative assessment of the long term effect (4 weeks) of each sterilization procedure on biosensor
performance.

Permselective
membrane

Enzymatic
Hydrogel

Overall

EtOx

↓↓

↓↓↓

↓↓↓

H2O2

↓

↓↓

↓↓

γ- radiation + H2O2

↓

↓↓

↓↓

↓↓↓

↓↓↓

↓↓↓

Sterilization Method

CH-IPA

Legend- ↓, ↓ ↓, and ↓ ↓ ↓ denote the degrees of severity (respectively mild, severe and extreme) of the effects of each
sterilization method on the performance on either overall biosensor or individual membrane performance.

Collectively our data suggest that both methods that use H2O2, had a mild effect on the
integrity of permselective membrane. Although we observed a decrease in selectivity (up
to 4 fold increase in the SC) towards H2O2, the LOD and LRS for H2O2 were not different
than observed prior to sterilization. Sterilization by EtOx was considered to severely affect
permselective membranes. Besides a decrease in selectivity, also the LRS for H2O2 has been
significantly affected (3 fold increase). But no method affected the permselective membranes
as deeply as sterilization by CH-IPA. After four weeks storage biosensors sterilized with
CH-IPA were lost almost entirely its selectivity. Additionally the LRS for H2O2 was nearly
10-fold lower than initially.
Despite the significant impact of each method on the integrity of the permselective
membrane, the effect of sterilization was overall, much more adverse on the properties of the
enzymatic hydrogel. The degree of severity of the sterilization impact on hydrogel properties
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was higher or similar (for CH-IPA) than the effect on the permselective membrane. Once
again, biosensors sterilized with CH-IPA and EtOx were most affected but the negative
effects of methods that included exposure to H2O2 were also evident.
Taken together it is concluded that exposure to H2O2 (alone or in combination with γ radiation)
was less harmful when compared to treatment with EtOX or CH-IPA. The efficacy of H2O2
and the additional level of sterilization provided by exposure to γ radiation, recommends this
procedure as method of choice.
Whilst sterilization of biosensors for in vivo implantation is possible, easing the sterilization
requirements may be the key to a wider application of biosensors for in vivo biomonitoring.
5.3.4- Can we sterilize implantable amperometric enzyme-based biosensors?
All of the sterilization methods tested induced significant changes in biosensor
performance immediately after sterilization. However the extent of the (adverse) impact was
method dependent. While most of the deleterious effects can be observed immediately after
each procedure, independently of the method. Nonetheless, for most methods, the negative
effects increased up to two weeks after sterilization.
Since there are no specific guidelines on how to classify the efficacy of methods for
biosensor sterilization, we performed, based on the electroanalytical data, a qualitative
analysis. Based on those criteria, we concluded that sterilization with H2O2 in combination
with gamma-radiation seems to be the best and CH-IPA the worst, both directly after
sterilization or after a 4 weeks storage period.
Although several parameters are markedly affected by all sterilization methods, the
superior performance of the presented biosensor enables the use in vivo of all investigated
sterilization methods apart from pretreatment with CH-IPA.
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CHAPTER 6

Abstract:
Enzyme-based amperometric biosensors are widely used for monitoring key biomarkers. In
experimental neuroscience there is a growing interest in in vivo continuous and simultaneous
monitoring of metabolism-related biomarkers, like glucose, lactate and pyruvate. The use of
multiplex biosensors will provide better understanding of brain energy metabolism and its
role in neuropathologies such as diabetes, ischemia, and epilepsy.
We have developed and characterized an implantable multiplex microbiosensor device
(MBD) for simultaneous and continuous in vivo monitoring of glucose, lactate, and pyruvate.
First, we developed and characterized amperometric microbiosensors for monitoring
lactate and pyruvate. In vitro evaluation allowed us to choose the most suitable biosensors for
incorporation into the MBD, along with glucose and background biosensors. Fully assembled
MBDs were characterized in vitro. The calculated performance parameters (LOD, LR, LRS,
IMAX and appKM) showed that the multiplex MBD was highly selective and sensitive (LRS
≥100 nA/mM) for each analyte and within an adequate range for in vivo application.
Finally, MBDs were implanted in the mPFC of anesthetized adult male Wistar rats for in
vivo evaluation. Following an equilibration period, baseline brain levels of glucose (1.3+0.2
mM), lactate (1.5+0.4 mM) and pyruvate (0.3+0.1 mM) were established. Subsequently,
the MBDs recorded the responses of the animals when submitted to hyperglycemic (40%
glucose i.v.) and hypoglycemic (5 U/kg insulin i.v.) challenges. Afterwards, MBDs were
recalibrated to convert electrochemical readings into accurate substrate concentrations and to
assess biofouling. The presented MBD can monitor simultaneously multiple biomarkers in
vivo.
Keywords: In vivo, multiplex, real-time, continuous biomonitoring, amperometric,
enzyme-based.
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6.1- Introduction
The brain has high energy demands. Despite accounting for only 2% of the total body
mass, it requires up to 25% of the total glucose consumption (Brady et al. 2006; Genc et
al.2011). Its high requirements are dependent on a continuous flow of energy substrates from
the circulating blood (Du et al. 2012), and the activation of discrete brain areas is directly
related to increases in energy requirements and in glucose utilization (Duelli and Kuschinsky
2001; Fox et al. 1988).
According to the classical view on brain energy metabolism, glucose is the predominant
energy substrate for both neurons and glial cells, followed at lesser extent by ketone bodies
and monocarboxylic acids like pyruvate and lactate (Vannucci et al. 1997). While ketone
bodies are of great importance in early development stages, pyruvate and lactate seem to
have a role in the adult brain (Vannucci and Simpson 2003). Classical neuroenergetics state
that lactate produced in the glycolisis is released into the extracellular fluid and metabolized
to prevent damage to adjacent cells. In contrast, pyruvate is regarded solely as mediator in
glucose metabolism (Sokoloff 1977).
Advances in the technology for monitoring neuroenergetics have provided evidence that
challenges this view (Drevets et al. 2002; El Hage et al. 2011; Erlichman et al. 2008; Hertz
et al. 2007). Increases in blood flow and brain glucose utilization, in response to increases
in energy requirements, are not matched by parallel increases in oxygen consumption,
necessary for full glucose metabolism dependency.(Fillenz and Lowry 1998; Hertz et al.
2007; Kiyatkin and Lenoir 2012; Leegsma-Vogt et al. 2003; Lowry et al. 1998a; Lowry
and Fillenz 1997). Moreover, it was found that lactate can readily be taken up and oxidized
in both neurons and astrocytes, and can even sustain neuronal activity in glucose absence
(Bouzier-Sore et al. 2003). These and other insights have led to the postulation of alternative
views on neuroenergetics, with the astrocyte-neuron lactate shuttle (ANLS) hypothesis the
most studied (Pellerin 2010; Pellerin and Magistretti 1994).
The ANLS states that glia cells and lactate play an unprecedented active role in brain
energy metabolism. In the astrocyte, glucose is metabolized to pyruvate, which can have
two fates. Whilst part of it is used to produce energy for the astrocyte itself, the remaining
pyruvate is converted into lactate and released into the extracellular fluid, to be taken up by
surrounding neurons (Allaman et al. 2011; Dienel 2011; Halim et al. 2010).
Disturbances of the regulation of brain energy metabolism have been related to impairments
in the cognitive processes of learning and memory (Hertz and Gibbs 2009; Kapogiannis and
Mattson 2011) and are involved in several neuropathologies. Deregulation of either glucose
levels or the lactate/pyruvate ratio are associated with neuropathologies such as epilepsy
(Cloix and Hévor 2009), meningitis (Ginsberg 2004; Komorowski et al. 1978; van de Beek et
al. 2006), ischemia (Berthet et al. 2009; Tokumaru et al. 2009) and affective disorders (Li et
al. 2010; Moretti et al. 2003; Pratt et al. 2008). Additionally, there is evidence that changes in
glucose and lactate brain levels affect glucose homeostasis and diabetes (Ahmad et al. 2008;
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Marino et al. 2011; Marty et al. 2007; McCrimmon 2012; Ramnanan et al. 2012; Routh 2010;
Thorens 2010; Watts and Donovan 2010).
Biomonitoring of glucose, lactate and pyruvate is fundamental for understanding and
treatment of these pathologies. The existing technology allows us to understand that glucose
and lactate levels are higher than pyruvate levels, both in humans and animal models. While
glucose and lactate are within the millimolar range (between 1 and 2 mM) (Ahmad et al.
2008; Gramsbergen et al. 2004; Leegsma-Vogt et al. 2001; Lin et al. 2009; Lowry et al.
1998a; Rocchitta et al. 2013), pyruvate brain levels are significantly lower (circa 200 µM)
(Schulz et al. 2000; Wagner et al. 2005). However, these values depend on many factors,
most related to the analytical method employed, each with their advantages and drawbacks.
State of the art technology for brain biomonitoring include invasive and non-invasive
techniques. Ideally, biomonitoring of target analytes should be performed by non-invasive
methods such as positron emitting tomography (PET), magnetic resonance imaging (MRI)
and magnetic resonance spectroscopy (MRS). However, these methods
have severe
limitations characterized by low quantitative resolution and limited temporal and/or spatial
resolution (Byrnes et al. 2014; Haller et al. 2014; Lang et al. 2014; Li et al. 2013). Therefore
invasive methods such as microdialysis and microbiosensors are needed for additional in situ
information, such as basal levels and dynamic changes of each analyte in a discrete brain
area.
Although microdialysis allows biomonitoring of multiple analytes with a high spatial
resolution (mm), it still lacks the needed temporal resolution to monitor the expected fast
changes in brain energy metabolism. Biosensors can combine spatial (µm) and temporal (≤
1 s) resolution with high selectivity, rapid response time and ease of miniaturization.
These features make these devices very appealing for in vivo biomonitoring of brain energy
biomarkers.
A wide variety of biosensors have been successfully used for in vivo biomonitoring
(Wang 1999; Wilson and Gifford 2005). However, in biomedical applications, experimental
neuroscience in particular, amperometric enzyme-based biosensors have arguably been
the most successful. Amperometric enzyme-based biosensors rely on the oxidation of an
electroactive product (often H2O2) of an enzymatic reaction (typically mediated by oxidases)
at the electrode surface (Thévenot et al. 1999). However, at the working potentials necessary
to oxidize the electroactive molecules of interest (> 500 mV), other electroactive compounds
are prone to be oxidized, resulting in non-specific electrochemical interference (Lowry et al.
1998b; Wahono et al. 2012). The incorporation of permselective membranes (e.g. Nafion
and Poly(Phenilenediamine) (PPD)) is often used to overcome electrochemical interference
(Moatti-Sirat et al. 1994; Moussy et al. 1993; O’Neill et al. 2008). Besides increasing
biosensor selectivity, these membranes minimize electrode passivation, a biofouling effect.
(Wisniewski et al. 2000). Although its impact is bigger in chronic cases, biofouling can
be observed even in acute implantations (Koschwanez and Reichert 2007; Wisniewski et
al.2000; Wisniewski and Reichert 2000).
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These type of biosensors were successfully applied for in vivo biomonitoring of
neurotransmitters (Mitchell 2004; Oldenziel et al. 2006; Pomerleau et al. 2003; Wahono et al.
2012) and energy biomarkers (Ahmad et al. 2008; Calia et al. 2009; Gramsbergen et al. 2004;
Leegsma-Vogt et al. 2003; Lowry et al. 1998b; Roche et al. 2011; Vasylieva et al. 2011).
Simultaneous monitoring of glucose and lactate has already been successfully described,
even coupled to a telemetric device (Rocchitta et al. 2013). Unfortunately, the device did not
allow the necessary spatial resolution needed for biomonitoring in a discrete brain area. The
attempt of combining glucose, lactate and pyruvate biosensors into a single device, for in vivo
real-time simultaneous monitoring of these analytes within a discrete brain area is an original
application.
Here we describe the development and characterization of a novel multiplex biosensor
device (MBD) for in vivo real-time continuous and simultaneous in vivo monitoring of
glucose, lactate and pyruvate. In vitro electrochemical evaluation allowed us to chose the
most suitable lactate and pyruvate biosensors to be incorporated in MBD, along with a
glucose biosensor. Fully assembled MBDs were electrochemically evaluated in vitro prior to
assess its suitability for in vivo implantation. After the MBDs were implanted in the medial
prefrontal cortex (mPFC) of anesthetized adult Wistar rats. Following an equilibration period,
animals were submitted to hyperglycemia (40% glucose i.v.) and hypoglycemia (5U/kg
insulin i.v.) challenges. Subsequently, the MBDs were explanted and recalibrated to convert
electrochemical readings into accurate glucose, lactate and pyruvate levels and to assess
biofouling.

6.2- Materials and Methods
6.2.1- Materials
Glucose oxidase (GOx) (EC 1.1.3.4) from Aspergillus niger and Lactate oxidase (LOx)
(EC 1.13.12.4) from Pediococcus sp ,bovine serum albumin (BSA), glutaraldehyde (GA),
m- phenylenediamine (mPD), glucose, (L)-lactic acid, sodium pyruvate, ascorbic acid (AA),
uric acid (UA), dopamine (DA) and 3,4-dihydroxiphenylacetic (DOPAC) were purchased
from Sigma-Aldrich (Schnelldorff, Germany). Pyruvate oxidase (POx) (PYO 311) (EC
1.2.3.3) was purchased from Sorachim (Lausanne, Switzerland). Platinum and silver wires
(Ø200 µm) were obtained from Advent Research Materials. Hydrogen peroxide (35% wt)
was obtained from Janssen Chimica (CA, United States of America). Insulin (Humulin R)
100 IU/ml was purchased from Eli Lilly (IN, USA). Phosphate buffer solution (PBS) was
used containing: 145 mM Na+, 1.2 mM Ca2+, 2.7 mm K+, 1.0 mM Mg2+, 152 mm CI-, and 2.0
mM phosphate in ultrapurified water, brought to pH 7.4 with sodium hydroxide and degassed
before use. UV curable glue (Uv Permacol UV ELC 2722) was purchased from Permacol BV
(Ede, The Netherlands). Polycarilonitrile (PAN), PAN-10 membranes were purchased from
Asahi-Kasei (China) Co. Ltd. (Shanghai, China). Polyethersulfone (PE) MicroPES TF10
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membranes, were purchased from Membrana (Wuppertal, Germany).
6.2.2- Multiplex biosensor device (MBD) assembly
Needle-type platinum microelectrodes (0.2 mm Ø x 1 mm long) were prepared as
described by Wahono et al (Wahono et al. 2012). After its assembly, microelectrodes surface
was functionalized, based on a “layer-by-layer” (LBL) method (Zhao et al. 2006), and they
were converted into glucose, lactate, pyruvate or BG biosensors.
6.2.2.1- Membrane assembly
Microelectrode surfaces wereinitially functionalized with a permselective membrane
(PmPD) and sub sequentially modified with an hydrogel comprising an enzyme (either GOx,
LOx, or POx) cross-linked with GA and BSA. Fully assembled biosensors were allowed to
cure for 48 hours prior to calibration. To some lactate biosensors,(LOx 0.4 U/µL) a derivation
of the classical LBL method was employed. We applied an additional hollow membrane
(either PE or PAN). The procedures for membrane assembly were:
PmPD: PmPD was applied by cyclic voltammetry. Electropolymerization was carried in
presence of 5 mM of PmPD in 100 mM PBS pH 7.4. For electrodeposition all electrodes were
submitted to the same cyclic voltammetry protocol with a scan from +200 to +700 mV at a
scan rate of 20 mV/s over 200 cycles (Wahono et al. 2012). After, the membrane was cured
for 24 hours at room temperature.
Enzymatic hydrogel: Microelectrodes functionalized with PmPD were coated manually
under an optical microscope with an hydrogel of either GOx (0.2 U/µL), LOx (0.2; 0,4 or 0.8
U/µL) or POx (0.2; 0,4 or 0.8 U/µL) cross-linked with GA and BSA. Biosensors were coated
25 times and allowed to cure for 48 hours prior to calibration.
Outer membrane assembly: Following assembly of the membranes, to some lactate
biosensors an outer membrane was applied. A hollow microdialysis membrane (1 mm long),
either PE or PAN, was applied on top of fully assembled biosensors.
6.2.2.2- Implantable device assembly
The multiplex biosensor device (MBD) comprised an array of four biosensors (glucose,
lactate, pyruvate and BG). Each biosensor was then coupled to a copper wire and assembled
in pairs in two separate microdialysis probe bodies(Brainlink, The Netherlands) sealed by
UV curable glue (Fig 1). The MBD tip Ø was approximately 0.85 mm2.
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Figure 1-A-Schematic representation of the MBD 1- Lactate Biosensor; 2- Glucose Biosensor, 3- Pyruvate
biosensor, 4- Background sensor (BG). Insert- Schematic representation of the microelectrode tips of the biosensors
included in the MBD. B-Fully assembled MBD (the coin (2,5 cm Ø) is shown for size comparison).

6.2.3- In vitro calibration
6.2.3.1- Pre calibration
Pre-calibrations of both individual sensors and MBD were carried out in PBS (pH 7.4) at
700 mV vs. Ag/AgCl using a 4-channel potentiostat (Pinnacle, model 3104 Pinnacle Tech.
Inc., USA) and according to the procedure described by Wahono (Wahono et al. 2012). All
interference compounds (DA 2 µM; DOPAC 20 µM; UA 50 µM; AA 250 µM) were added
to the solution prior to consecutive additions of the target analyte (either lactate or pyruvate
or glucose) from 0.02 up to 8 mM (0.02; 0.05; 0.1; 0.2; 0.5; 1; 2; 4 and 8 mM) followed by
consecutive additions of H2O2 (50, 100 and 200 µM). Noise and limit of detection (LOD)
were calculated by linear regression, whereas linear range (LR), linear range slope (LRS),
apparent Michaelis-Menten constant (appKM) and maximum current intensity (IMax) were
calculated using non-linear regression.
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6.2.3.2-Post calibration
The biosensors incorporated in the MBD were recalibrated immediately after the in vivo
experiments in PBS (pH 7.4) at 700 mV vs. Ag/AgCl to evaluate biofouling. The currents
obtained by each biosensor during the in vivo experiment were converted in final analyte
concentrations, based on the analytical parameters calculated from the post-calibration.
6.2.4- In vivo experiments
Male Wistar rats (350-425g) were used in all in vivo experiments. Animals were individually
housed in Plexiglas cages prior to the experiment. All experiments were performed under
anesthesia (isoflurane/O2). All animals were submitted to surgery to implant a jugular vein
catheter (for frequent blood sampling and compound administration) and to implant the MBD
in the mPFC; AP+3.4 mm; ML +0.8 mm; VD −5.0 mm relative to bregma, according to the
stereotaxic atlas (Paxinos and Watson 1986). All in vivo electrochemical measurements were
performed at a constant potential, 700 mV vs Ag/AgCl. Implantation was followed by a period
of electrochemical signal equilibration (2 hr) followed by pharmacological intervention for
induction of glucose changes. Glucose levels were experimentally modulated by consecutive
intravenous administration of vehicle (saline 1ml/kg), glucose (20 % w/V in saline) and
insulin (5U/kg) at intervals of 45 minutes, as previously described (Moon et al. 2013). Blood
glucose was assessed at intervals of 15 minutes. Blood glucose values were obtained by
colorimetric glucose strips (AccuChek; Roche). Animals were sacrificed immediately after
the experiment by i.v. administration of pentobarbital. The MBD electrochemical signal was
acquired at a rate of 10 HZ and averaged.
All animal experiments were approved by the Institutional Animal Care and Use
Committee of the University of Groningen.
6.2.5- Data analysis
Analytical and kinetic parameters were calculated by non-linear regression using
GraphPad Prism 5.0. The calculated parameters include limit of detection (LOD), linear
Range (LR) linear range slope (LRS) Michalis-Menten constant (appKM), maximum current
intensity (IMAX), and the surface independent constants (SI appKM, IMAX ). All data was presented
as mean+standard error of the mean (SEM). All calculated parameters were statistically
evaluated either by One-Way or Two-Way ANOVA. When necessary, additional Bonferroni
tests were performed. p < 0.05 and p < 0.001 were considered statistically significant and
highly significant, respectively. Correlation analysis was performed using the Pearson
Product Moment Correlation. All statistical analysis were performed using SigmaStat 12.0.
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6.3-Results and discussion
6.3.1-Development of the lactate and pyruvate biosensors
Initially, we developed and characterized lactate and pyruvate needle-type enzyme- based
amperometric biosensors in vitro. Enzyme loading was described as one of the major factors
affecting biosensor properties (O’Neill et al. 2008). To reach a biosensor suitable for in vivo
implantation, we constructed biosensors with similar geometry but loaded with different
enzyme concentrations.

6

Figure 2 - Calibration curves of needle type enzyme based amperometric biosensors for in vivo monitoring of lactate
(without (A) and with outer membrane (B)) and pyruvate (C) loaded with different enzyme concentration. Data are
mean+ SEM.

In vitro evaluation (Fig 2) revealed that all biosensors were responsive to the tested
concentrations of the target analytes (0.02 to 8 mM), displaying clear Michaelis-Menten
kinetics. Both lactate and pyruvate biosensors displayed high linearity (R2 ≥ 0.99) for low
analyte concentrations (up to 1 mM). We have calculated the most relevant analytical and
kinetic parameters for biosensors, using a simplified Michaelis-Menten model for biosensors
(O’Neill et al. 2008). Results are shown in Table 1.
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Table 1 - Calculated in vitro analytical and kinetic parameters for lactate (A) and pyruvate (B) biosensors. These include limit of detection (LOD), apparent
Michaelis-Menten constant (appKM), surface independent apparent Michaelis-Menten constant, (SI appKM), maximum current (IMAX), surface independent maximum current
(SI IMAX), linear range (LR) and linear range slope (LRS). Data are mean+SEM.
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Our results show a low LOD (≤ 5 µM) for all biosensors, independent of the enzyme
and its loading concentration. Lactate biosensors coated with 0.8 U/µL displayed a LOD
of 0.55+0.05 µM, better than the optimal LOD reported in literature (Lin et al. 2009). The
presented LOD values suggest that, once implanted, any developed biosensor would be able
to monitor small changes in analyte levels in the brain of rodents.
6.3.1.1- Lactate biosensors
An increase in LOx loading resulted in significant differences in biosensor performance
(Table 1-A). Biosensors loaded with 0.8 U/µL of LOx displayed the highest values for both
IMAX and SI IMAX (509.60+14.40 nA and 0.30+0.01 respectively vs. all, p≤ 0.001) Additionally,
biosensors coated with 0.8 U/µL also displayed higher LRS than any other lactate biosensor
(634.15+188.29 nA/mM, p≤ 0.05). However, changes in enzyme concentration did not
induce any changes in biosensor affinity (appKM), enzyme affinity (SI appKM) or LR.
However, physiological relevant levels of brain lactate are higher than the LR of any of
the tested lactate biosensors (Lin et al. 2009; Rocchitta et al. 2013). The low LR observed
most likely compromise the ability of these biosensors to accurately detect in vivo lactate
increases.
The LR can be expanded without compromising LRS by the application of an outer
membrane, which will function as an additional diffusion barrier (Rocchitta et al. 2013).
Although outer membranes are typically self-assembled monolayers on top of the existing
enzymatic membrane (Nafion or polyurethane) (Moussy et al. 1993; Vaddiraju et al. 2011),
the use of hollow microdialysis membranes in in vivo biosensor applications has also been
reported (Koh et al. 2011; Leegsma-Vogt et al. 2003; Leegsma-Vogt et al. 2001). In addition,
the use of a membrane on top of the enzyme layer is an effective anti-biofouling strategy
(Wisniewski and Reichert 2000).
We have applied two different microdialysis membranes in the assembly of lactate
biosensors loaded with 0.4 U/µL. The incorporation of an outer membrane resulted in
an increase in appKM LR and IMAX, independent of the type of membrane applied without
compromising LRS. Lactate biosensors with an outer membrane (PE or PAN) displayed
a significantly higher IMAX , when compared with biosensors without an additional
membrane (461.90+95.43 and 544.50+19.47 nA respectively vs. 269.30+17.42 nA,
p˂0.05). Electrochemical biosensors whose enzyme is immobilized by cross-linking with
GA, suffer from enzyme loss upon immersion in buffer (House et al. 2007). The use of
any outer membrane prevented enzyme loss, enabling an higher IMAX. The appKM and LR of
biosensors with PES or PAN were 2-fold and 3-fold higher respectively when compared
with biosensors with no outer membrane. Despite a significant increase in LR when
compared with biosensors without a membrane (1.13+0.10 vs. 0.47+0.10 mM, p ˂ 0.05), it
was still considered low for in vivo applications. Therefore we chose biosensors loaded with
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0.4 U/µL with the addition of PAN as the most suitable to be incorporated in an MBD for
in vivo application. These biosensors displayed a higher IMAX and LRS than reported lactate
biosensors for in vivo application (Rocchitta et al. 2013).
6.3.1.2- Pyruvate biosensors
Loading biosensors with different POx concentrations resulted in significant changes in
biosensor performance. Pyruvate biosensors loaded with 0.8 U/µL of POx displayed higher
IMAX than biosensors loaded with either 0.1 or 0.2 U/µL (714.7+55.2 vs. 362.3+34.9 and
200.5+14.2 nA respectively, p˂ 0.001) but not biosensors loaded with 0.4 U/µL. Moreover
we have found that biosensors loaded with 0.8 U/µL displayed an SI IMAX higher than any
other biosensor configuration (0.59 vs. all, p˂ 0.001), while biosensors loaded with 0.1 U/µL
had the lowest SI IMAX (0.11+0.002 vs. all, p˂ 0.001). The increase the amount of pyruvate
oxidase reticulated within the hydrogel resulted in an increase of biosensor catalytic activity.
Biosensors loaded with 0.8 U/µL displayed the highest affinity for pyruvate. Its appKM,
SI appKM and LR were significantly lower than biosensors loaded with 0.4 U/µL of POx
(0.69+0.19 vs. 5.88+1.56 mM p˂0.001). Differences observed in both catalytic activity and
biosensor affinity resulted in significant differences in LRS. Biosensors loaded with 0.8 U/µL
of POx, displayed the highest LRS (1030.12+294.65 nA /mM vs. all, p˂ 0.001).
Although biosensors loaded with 0.8 U/µL of POx displayed the highest LRS and IMAX,
were not considered suitable for in vivo implantation. Their LR was very close to the expected
levels of pyruvate in the ECF . Therefore, we chose to include pyruvate biosensors loaded
with 0.2 U/µL of POx in the MBD. Although displaying lower LR and IMAX, they did show
higher LRS (162.76+60.89 nA/mM) within a suitable LR (1.09+0.31 mM).
6.3.2- In vitro evaluation of the multiplex biosensor device
All MBD were electrochemically evaluated in vitro to assess its ability to accurately
monitor the target analytes simultaneously and independently. Increasing concentrations
of pyruvate, lactate and glucose, in presence of the major electrochemical interference
compounds, were added into a stirring beaker. Results are shown in Fig 3.
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Figure 3- Typical in vitro calibration of the MBD for simultaneous monitoring of the analytes of interest, glucose,
lactate and pyruvate (20 µM to 8 mM) in presence of the major electrochemical interfering compounds: ascorbic acid
(250 µM); uric acid (50 µM); dopamine (2 µM) and3,4-dihydroxiphenylacetic acid (DOPAC) (20µM).

None of the biosensors responded to the addition of any of the non-specific electroactive
species and each biosensor responded selectively to the addition of the target analyte. For
lactate and pyruvate biosensors the oxidation currents obtained were comparable to those
observed for individual calibration. However, pyruvate biosensors responded to high
non-physiological lactate concentrations (8 mM). This was a results of the conversion of
lactate into pyruvate by the LOx immobilized in the surface of the lactate biosensor. No
response was observed for any of the other concentrations. Additionally, the MBD was
designed to allow enough physical separation of the biosensors when implanted, avoiding in
vivo cross-over effects.
6.3.3– Post-calibration
After the experiment, the MBDs were explanted, and immediately placed in a beaker for
post-calibration (Koschwanez and Reichert 2007). Results obtained are displayed on Fig 4.
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Figure 4- Evaluation of relevant performance parameters of the biosensors incorporated within the MBD after in
vivo implantation: (A) In vitro Post-calibration; (B) appKM;(C) IMAX;(D) limit of detection (LOD); and (E) linear range
slope (LRS). Data are mean+ SEM.

All biosensors retained high selectivity and sensitivity after acute in vivo implantation.
Nevertheless we have observed significant differences in some of the biosensors performance
parameters. Our results suggest that although all biosensors were affected by biofouling, its
extent was biosensor dependent.
In vivo implantation induced a severe increase (up to 5 fold, p≤ 0.05) in appKM of the glucose
biosensor. This decrease in affinity implied an extended LR, with an average decrease in LRS
of about 50%. No differences were observed in IMAX. The formation of a biofilm on top of the
glucose biosensor might explain the decrease in affinity (Wisniewski et al. 2000), by creating
an additional barrier for glucose diffusion.
Although no statistically significant changes were observed in most of the analytical
parameters, pyruvate biosensors were also affected by biofouling. We have observed a
dramatic decrease in IMAX (≥ 2fold, p≤ 0.001), suggesting a decrease in the amount of active
enzyme. The fact that these biosensors were coated with an enzyme of bacterial source, and
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had no protective layer, might explain this reduction.
In general, lactate biosensors were the least affected by biofouling. However, we have
noticed a non-significant reduction in the LRS when compared with pre-in vivo values. The
use of a biocompatible outer microdyalisis membrane (PAN) used for the lactate sensors
minimized the effects of biofouling. The use of outer membranes has been reported as
an effective anti-biofouling method, especially for chronic implantations (Wisniewski
and Reichert 2000). Our results show that differences in biosensor geometry, resulted in
significant differences of biofouling effects on biosensor performance.
Nonetheless, all of the biosensors incorporated within the MBD were still able to monitor
small changes in all target analytes with high selectivity and sensitivity within a suitable
range. Therefore the MBD was considered suitable for accurate monitoring of the respective
analytes, thus validating in vivo application of the MBD.
6.3.4- In vivo experiment
To assess the ability of the MBD to continuously and simultaneously monitor glucose,
lactate and pyruvate in the rat brain we implanted them in the mPFC of anesthetized
animals. In addition we implanted a jugular vein catheter, for frequent blood sampling.
After implantation, we have allowed biosensor equilibration prior to the beginning of the
experiment.
Background biosensors reached a stable basal electrochemical signal after 30 min. Both
glucose and pyruvate biosensor took about 30-45 min to stabilize. The delayed equilibration
time observed for lactate biosensor (> 60 min) can be explained by the use of the outer
membrane, that formed an additional physical barrier, thereby reducing diffusion rate.
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Figure 5 - In vivo continuous and simultaneous monitoring of changes in glucose (brain (A) and blood (D)), lactate
(B) and pyruvate (C). Blood glucose levels are shown in D. Effects of the administration of saline glucose (20%
m/V) and insulin (5U/Kg) on its basal levels, expressed as areas under the curve (AUC) are shown in E.* and
** indicate significant differences in blood glucose levels compared to t=0 min. # and ## indicate a significant
difference compared to administration of vehicle (p ˂ 0.05 and p ˂ 0.001); ¥ and ¥¥ indicate a significant difference
in induced changes between changes in glucose and lactate (p ˂ 0.05 and p ˂ 0.001); †and †† indicate a significant
difference in changes induced by glucose and insulin administration (p ˂ 0.05 and p ˂ 0.001). Data are mean+SEM.

After equilibration, we ensured a stabilization period of 15 min, prior to any pharmacological
intervention to assure biosensor stability and to assess basal levels of the target analytes (Fig
4). Brain analyte levels were calculated using the performance parameters calculated based
on the post-calibration.
6.3.4.1- Basal glucose levels
Resting blood glucose levels were 10 fold higher than brain glucose levels(12.01+0.58
vs. 1.30+0.14 mM, p˂0.001). Blood glucose levels in rats are typically around 5-6 mM (de
Vries et al. 2003; de Vries et al. 2005). However, in anesthetized animals these levels are
reported to increase 2-fold (Moon et al. 2013).
Basal brain glucose levels are reported to range from 0.3 mM up to 2.5 mM. These values
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vary according to the conscious state of animal, type of anesthesia, and analytical method
employed. Furthermore, there is evidence that points to regional differences in brain glucose
levels (Duelli and Kuschinsky 2001). Most of the brain glucose levels detected by biosensors
refer to the striatum and to values between 0.3 and 0.7 mM (Ahmad et al. 2008; Fillenz and
Lowry 1998; Kiyatkin and Lenoir 2012; Leegsma-Vogt et al. 2003; Lowry et al. 1998a). A
recent study performed in anesthetized animals with a biosensor implanted in the mPFC
describes basal levels of 0.68 mM (Vasylieva et al. 2011), which is roughly half of what we
report (1.30+0.14 mM). However, in the mentioned study, basal levels were calculated
based on pre-calibration data, using less sensitive (12.3±3.8 pA/µM) biosensors.
6.3.4.2- Basal lactate levels
Since the 1970’s brain lactate has been considered as an oxidative metabolic waste, not
actively involved in brain energy metabolism. However, according to the ANLS, lactate plays
an active role in brain energy metabolism (Pellerin 2010). Literature on brain lactate reports
levels that range from 0.3 to 2 mM. Brain lactate levels obtained by the lactate biosensor
incorporated in the MBD (1.56+0.48 mM) are higher than previously reported in biosensor
studies (Fillenz and Lowry 1998; Leegsma-Vogt et al. 2003; Lin et al. 2009; Lowry et al.
1998a), but lie within the large range of brain lactate levels reported in studies using standard
methodologies.
6.3.4.3 - Basal pyruvate levels
Here we report for the first time, to our knowledge, continuous monitoring of brain
pyruvate, with biosensors. To date, information on brain pyruvate changes relied on
microdialysis. Normal cerebrospinal fluid in humans values vary between 0.08 and 0.16 mM
(Wagner et al. 2005), while resting brain levels range from 0.1 to 0.2 mM (Schulz et al.
2000). Our results show slightly higher basal brain pyruvate levels (0.29+0.10 mM), which
could be attributed to the combination of better accuracy and spatial resolution, compared to
state of the art methods.
6.3.4.4 – Vehicle administration
Vehicle administration (saline, 1 ml/Kg) did not induce significant changes in the
concentration of glucose, lactate or pyruvate (Fig. 5E).Accordingly, no changes were
observed in blood glucose either.
6.3.4.5– Glucose administration
Glucose administration (20% m/V) induced a rapid increase in both brain and blood glucose
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levels (p<0.05 and p< 0.001 respectively, at t=60) (Fig 4 A and E). Blood glucose increased
about 10 mM and reached a maximum of 21.76+2.93 mM, 15 min after administration (t=60)
(Fig 4D). After this peak, blood glucose declined and reached basal levels at t=75 minutes.
Brain glucose began to increase immediately after glucose administration. It reached its
maximum levels (1.49+0.05 mM) at t=65 minutes (Fig 4B). Following this initial increase,
brain glucose levels decreased transiently, although still significantly higher than basal
glucose levels (all vs 1.49+0.05 p<0.05 from t=62 to t=90 minutes).
Although brain glucose can be produced in astrocytes by glycogenolysis (Di Nuzzo et al.
2011; Dienel 2011; Hertz et al. 2013), most of the brain glucose is directly taken up from the
circulating blood, facilitated by glucose receptors in the blood-brain barrier (BBB) (Duelli
and Kuschinsky 2001). Our results suggest a fast, but limited uptake of glucose by the brain
in response to a sudden large increase in glucose in the blood stream. Apparently, the BBB
acts as a buffer, keeping glucose levels within a narrow range, even if circulating blood
glucose reaches extremely high levels.
Besides changes in brain glucose, administration of glucose in the blood stream induced
small but significant changes in brain lactate levels (Fig 4 A and E). All MBD detected a fast
decrease, followed by a sudden increase in brain lactate levels (Fig 4B). The initial increase
in lactate might be due to the activation of the brain, in response to a major event, such as the
administration of a i.v. glucose bolus. A study combining biosensoring with brain stimulation,
has shown a similar increase in brain lactate in response to activation of a discrete brain area
(Hu and Wilson 1997).
The activation of a brain area requires higher energy demand by the neurons located in that
region. Rapid use of the lactate pool in the ECF could be responsible for the initial decrease
in ECF lactate levels. Next, according to the ANLS, upon activation, release of glutamate
by the neurons might trigger the production of lactate in the surrounding astrocytes. In turn
lactate is released into the ECF and taken by the activated neurons. This would explain the
increase in lactate levels following the initial decrease. These findings support the idea that
lactate can sustain neuronal activity. (Bouzier-Sore et al. 2003; Pellerin 2010).
In contrast, glucose administration did not induce any significant changes in brain
pyruvate levels. According to both the classical view and ANLS, pyruvate is metabolized
intracellularly for energy production (Pellerin 2010; Pellerin and Magistretti 1994). Despite
providing an excellent spatial resolution, the proposed device is only able to measure changes
in the brain ECF, reaffirming both the classical view and the ANLS.
6.3.4.6– Insulin administration
We observed a pronounced decrease in brain glucose levels following i.v. insulin (5U/
Kg) administration (p<0.001), which correlated well with changes in blood glucose (Pearson
correlation coefficient 0.953, p<0.05). Brain glucose levels started to decrease immediately
after the insulin administration (t=90.5 minutes) and continued to decrease at an apparent
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constant rate until the end of the experiment. Brain glucose levels at the end of the experiment
(0.62+0.12 vs. 1.31+0.14mM, p<0.05) were lower than basal levels (p<0.05). A recent study,
employing biosensors, showed that insulin administration did not influence glucose levels
in the striatum (Ahmad et al. 2008). However, a similar decrease in glucose mPFC levels as
presently reported in response to insulin (25 U/Kg) administration has been noted (Vasylieva
et al. 2011).
Also, insulin induced a slight but significant increase in brain lactate (Fig 5- E).
Interestingly, the MBD was able to detect short-lasting increase in brain lactate, in response
to insulin administration (from t=90 to t=92 minutes). After this steep increase, brain lactate
levels started to decrease, reaching the lowest levels at t=111 minutes (1.19+0.21 mM).
Thereafter no changes in lactate levels were observed. Our data suggest the activation of
the mPFC immediately after insulin administration, similar to what was observed following
glucose administration. Surprisingly, changes in lactate displayed higher correlation with
blood glucose, when compared with changes in brain glucose (Pearson correlation coefficient
0.992 vs. 0.953, p<0.001). The role of insulin in brain glucose metabolism is still not clarified
and biosensors might provide additional information to further understand its underlying
mechanisms.

6.4- Conclusion
We developed and characterized an MBD for in vivo in real time simultaneous monitoring
of the three major biomarkers in brain energy metabolism: glucose lactate and pyruvate.
The use of an MBD allowed us to accurately, continuously and simultaneously monitor
glucose, lactate and pyruvate levels in a discrete brain area, with high spatial and temporal
resolution. The MBD was able to measure the basal levels of glucose, lactate and pyruvate
simultaneously. The high spatial resolution allowed us to monitor small and fast changes in
brain levels of the target analytes, impossible to be tracked by state-of-the-art in vivo brain
biomonitoring techniques
The use of the proposed MBD can increase the knowledge of the neuroenergetics
fundamentals. It can lead to a clarification of the role of lactate, shed light on the putative
ANLS hypothesis, but it may also reveal new therapeutic approaches in diseases related to
brain energy metabolism.
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CHAPTER 7

Abstract:
Biosensors based on Pt or Pt/Ir based needle-type microelectrodes have been successfully
employed for continuous in vivo real-time brain biomonitoring of key biomarkers such as
glutamate and glucose.
However, when implanted, these biosensors often bend, thereby damaging its surface and
degrading its bioanalytical properties. In addition, downscaling of Pt and Pt/Ir needle-type
biosensors, to improve the spatial resolution and decrease tissue damage, is technically
challenging.
Therefore, we investigated whether the use of the low malleability material tungsten (W),
coated with a highly conductive gold (Au) layer is useful as an alternative and rigid needle
base for biosensors.
Hence, we developed implantable needle-type (50 µm Ø) gold coated tungsten (W-Au)
microbiosensors. We evaluated, electrochemically, by cyclic voltammetry, the ability of
W- Au microelectrodes to continuously monitor changes in H2O2. After, we functionalized
its surface first with permselective membrane(s) and after with an enzymatic hydrogel,
containing Glucose Oxidase. Both enzyme loading and applied potential were optimized.
The performance of functionalized W-Au microelectrodes and fully assembled biosensors
was evaluated electrochemically, by amperometry. Additionally, the surface of bare and
functionalized W-Au microelectrodes was characterized by imaging techniques (scanning
electron microscopy).
In vivo experiments revealed that, W-Au based glucose biosensors, were able to accurately
monitor, in real-time, changes in brain glucose in response to relevant pharmacological
challenges.
Keywords: In vivo, glucose, implantable biosensors, W-Au, cyclic voltammetry,
amperometry.
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7.1- Introduction
Ideally, state of the art in vivo brain biomonitoring should be confined to non- invasive
methods, such as positron emitting tomography (PET), magnetic resonance imaging (MRI)
and magnetic resonance spectroscopy (MRS). Unfortunately, and despite its merits, these
methods have severe limitations, such as low quantitative resolution and limited temporal
and/or spatial resolution (Byrnes et al. 2014; Haller et al. 2014; Lang et al. 2014; Li
et al. 2013). To suppress those limitations, the use of invasive methods is often required
(Gramsbergen et al. 2004; Martínez-Valverde et al. 2016; Papadimitriou et al. 2016). The
use of invasive methods, such as microdialysis, provides additional in situ information that
cannot be rendered by classical non-invasive methods.
Currently, microdialysis coupled to on-line HPLC or off-line to LS-MS/MS systems, the
method of choice, for invasive, in vivo brain biomonitoring. This technique allows in situ
brain biomonitoring of multiple analytes, with a good spatial (≤ 1 mm) and temporal (≤ 10
min) resolution. However, microdialysis temporal resolution is still insufficient to monitor the
expected fast changes in key biomarkers involved in neurophysiology and neuropathology
(Cordeiro et al. 2015; Wahono et al. 2012).
Biosensors are bioanalytical tools that can combine spatial (µm) and temporal (≤ 1 s)
resolution with high selectivity, rapid response time and ease of miniaturization (Turner 2013;
Wang 2000; Ward 2007). These devices have been increasingly employed in experimental
neuroscience for real time in vivo biomonitoring of several biomarkers such as glutamate
(Burmeister et al. 2002; Oldenziel et al. 2006; Pomerleau et al. 2003; Sirca et al. 2014),
choline (Baker et al. 2015; Santos et al. 2015), glucose (Ahmad et al. 2008; Fillenz and Lowry
1998; Lowry et al. 1998b; Vasylieva et al. 2011), lactate (Cordeiro et al. 2015; Vasylieva et al.
2015), pyruvate (Cordeiro et al. 2015) and reactive oxygen species (H2O2 and NO)(Mao et al.
2002; Santos et al. 2013). Typically, these biosensors rely on the oxidation of an electroactive
product (often H2O2) of an enzymatic reaction (typically mediated by oxidases) at the electrode
surface (Thevenot et al. 1999; Wang 1999). However, at the working potentials necessary to
oxidize the electroactive molecules of interest (> 500 mV), other non-specific electroactive
compounds are oxidized, resulting in non-specific electrochemical interference (Cordeiro
et al. 2016). For in vivo brain biomonitoring electrochemical interference is mostly due
to the oxidation of electroactive species such as dopamine (DA), 3,4-dihydroxyphenylacetic
acid (DOPAC), uric Acid (UA) and ascorbic acid (AA)(O’Neill et al. 2008; Wahono et al.
2012). Therefore permselective membranes such as Nafion and poly(phenylenediamine)
(PPD) are often used to overcome these electrochemical interferences, enabling adequate
biosensor selectivity (Cordeiro et al. 2016; Gerhardt et al. 1984; Wahono et al. 2012).
Despite its high spatial resolution when compared with other invasive methods,
implantation of a biosensor still results in significant tissue damage (Wisniewski et al.
2000). Damage of tissue triggers a series of inflammatory processes that ultimately results
in inactivation of the sensor, a process that is often referred to as “biofouling”. It has been
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suggested that biofouling is one of the main reasons, to that might hinder long term biosensor
implantation (Wisniewski and Reichert 2000). A possible solution to minimize biofouling
may be the miniaturization of the electrode. However needle-type Pt based microelectrodes
with small diameters (≤ 200 µm) easily bend upon implantation, thereby damaging the
assembled layers and impairing in vivo accuracy of the biosensor.
The use of a core material such with a lower malleability coefficient, such as tungsten (W)
coated with a highly conductive material (Au) will allow an efficient the miniaturization of
the biosensor, hence enabling better spatial resolution. The increase in spatial resolution will
result in a decrease in tissue damage upon implantation, which may enable a reduction in the
biofouling.
Due to their resistance to sheer stress and corrosion W-based microelectrodes are the tools
of choice for numerous electrophysiological techniques, (Patrick et al. 2011). (Likhtik et
al. 2006; Taşkın et al. 2011; Tseng et al. 2011). However for an effective oxidation of H2O2
coating of the W surface with a metal with higher conductivity, such as gold (Au) is necessary.
The use of gold (Au) as conductive surface might be useful, as gold microelectrodes have
been described to oxidize H2O2 at potentials close to those employed for platinum electrodes
(Gerlache et al. 1997).
Here we describe the development and characterization of a W-Au based biosensor,
suitable for in vivo brain monitoring that might enable further miniaturization. First the
efficacy of W-Au microelectrodes to monitor H2O2 was assessed. Next an amperometric
enzyme-based glucose biosensor based on the W-Au microelectrodes was developed and
characterized. Finally, the ability of an implantable microbiosensor device based on W-Au
biosensors, to monitor in vivo glucose levels in brain tissue was evaluated.
The present data demonstrated that W-Au based biosensors were able to monitor in vivo
and in real-time, changes in brain glucose, evoked by local administration of glucose or i.v.
administration of insulin.

7.2-Materials and Methods
7.2.1- Materials
Tungsten (W) (100 µm Ø), gold (Au) (50 µm Ø) and silver wires (Ag) (250 µm Ø)
were obtained from Advent Research Materials. Gold coated tungsten (W-Au) wires (50
µm Ø) were purchased from Lluma (Sweden). Silica tubes were purchased from Avantes
(Appeldoorn, The Netherlands). Nafion (5% wt in aliphatic alcohols), glutaraldehyde,
m- phenylenediamine (mPD), dopamine (DA), ascorbodc acid (AA), uric acid (UA), 3,4dihydroxyphenylacetic acid DOPAC, H2O2 (35% wt) and glucose oxidase (GOx) were
purchased from Sigma (St. Louis, Missouri, USA). A phosphate buffer solution (PBS) was
used containing 145 mM Na+, 1.2 mM Ca2+, 2.7 mm K+, 1.0 mM Mg2+, 152 mm Cl-, and
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2.0 mM PO4- in ultrapurified water, brought to pH 7.4 with sodium hydroxide and degassed
before use.

7.2.2- Biosensor assembly
7.2.2.1- Microelectrode assembly
All microelectrodes were assembled prepared according to a previously described method
(Wahono et al. 2012) (Fig 1 A). All but the W microelectrodes, were assembled based on
silica tubes with 75 µm ID and 150 µm OD. W microelectrodes were assembled based on
silica tubes with an ID of 150 and an OD of 300 µm. The microelectrodes used in the cyclic
voltammetry experiments had the following dimensions:
Table 1- Dimensions of the microelectrodes characterized by cyclic voltammetry
Type of Electrode

Diameter (µm)

Length (mm)

Surface area (mm2)

W

100

10

6,283

Au

50

10

3,147

W-Au

50

10

3,147

7

All W-Au based microelectrodes and biosensors characterized by amperometry had the
following dimensions: 50 µm Ø x 2 mm length.

Figure 1- A: W-Au needle type microelectrode. B: Scheme of layer-by-layer assembly of the biosensor. C:
Implantable microbiosensor device (iMBD) based on W-Au based sensor
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7.2.2.2- Membrane assembly
W-Au microelectrodes were functionalized with either a Nafion membrane or
with a combination of Nafion-PPD membrane as described (Cordeiro et al. 2016; Wahono
et al.2012). To assembly glucose biosensors, W-Au microelectrodes functionalized with
any of the permselective membrane(s) were sub sequentially coated with an hydrogel
containing GOx (0.2, 0.4, and 0.6 U/µL) reticulated with bovine serum albumin (BSA) and
glutaraldehyde (GA) (Cordeiro et al. 2015).
7.2.2.3- Implantable Microbiosensor Device (iMBD)
For in vivo implantation, we assembled an implantable microbiosensor device (iMBD),
based on a self-referencing principle (Cordeiro et al. 2015; Pomerleau et al. 2003; Vasylieva
et al. 2015; Wahono et al. 2012). Both a glucose biosensor and a background sensor (BG)
were placed in a customized microdialysis probe body (Brainlink, The Netherlands) and
sealed by UV curable glue. Next a hollow fiber, to allow local compound administration, was
placed between the glucose sensor and the background (BG) sensor (Fig 1 C). The MBD tip
Ø was approximately 150 µm.
7.2.3- In vitro characterization
W, Au and W-Au microelectrodes were electrochemically characterized by cyclic
voltammetry. W-Au microelectrodes were further characterized by amperometry.
Functionalized W-Au microelectrodes and W-Au based glucose biosensors were characterized
in vitro by amperometry. Additionally, W-Au microelectrodes (bared and functionalized)
were characterized by imaging techniques (Scanning Electron Microscopy).
7.2.3.1- Cyclic Voltammetry
Cyclic voltammetry experiments were performed in presence of H2O2 (0; 0.2; 0.5; 1 and
2 mM) in PBS (pH 7.4) from -0.5 to 1.2 V vs Ag/AgCl and carried out at a scan rate of 50
mV/s.
7.2.3.2- Amperometry
Microelectrode calibrations were carried out in PBS of pH 7.4 at 37º C. Bare and
functionalized W-au microelectrodes were calibrated at different applied potentials (600,
700, 800 and 900 mV) using a tabletop potentiostat (Pinnacle, model 3104 Pinnacle Tech.
Inc., USA) as previously described. Sensors were placed in PBS and steady state parameters
(noise and baseline) were assessed after an initial equilibration period (approximately 45
206

In vivo “real-time” monitoring of glucose in the brain with an amperometric enzyme-based
biosensor based on gold coated tungsten (W-Au) microelectrodes
min) when a stable current was reached. All interfering compounds (DA 2 µM; DOPAC 20
µM; UA 50 µM; and AA 200 µM) were added sequentially to a constantly stirred solution
following consecutive additions of target analyte. Interfering compounds were added either
after H2O2 (5, 10, 25, 50, 100 and 200 µM) for evaluation of the microelectrode or glucose
(0.02; 0.05; 0.1; 0.2; 0.5; 1; 2; 4; 8; 16; 32 and 64 mM) for evaluation of the biosensor. The
changes in oxidation currents in response to the exposure to the different analytes were used
to estimate relevant microelectrode/biosensor performance parameters.
7.2.3.4- Scanning Electron Microscopy
W-Au microelectrodes (bare and functionalized) were visually inspected by high definition
scanning electron microscopy. Biosensor tips were fixed with double sided adhesive carbon
tape onto metal stubs. Observation and imaging was performed using a cold filed emission
scanning electron microscope (JEOL FE-SEM 6301F) at 3 kV and a secondary electron
detector (JEOL LTD. 1-2 Mushasino 3-chome, Akishama Tokyo 196).
7.2.4 - In vivo evaluation
Male Wistar rats (350-425g) were used in the in vivo experiments. Animals were
individually housed in Plexiglas cages prior to the experiment. All experiments were
performed under anesthesia (isoflurane/O2). All animals were submitted to surgery to implant
a jugular vein (JV) catheter (for frequent blood sampling and compound administration). The
iMBD was implanted in the medial prefrontal cortex (mPFC); AP+3.4 mm; ML +0.8 mm; VD
−5.0 mm relative to bregma, according to the a stereotaxic atlas (Paxinos and Watson 1986).
All in vivo electrochemical measurements were performed at a constant potential of 800 mV
vs Ag/AgCl. After implantation, a 2 hour period was included to allow stabilization of the
electrochemical signal. Next pharmacological treatments were applied to induce changes in
glucose levels, by intravenous administration of insulin (5U/kg) or intracranial administration
of glucose (10 µL, 1 mM) through an injection cannula. During the experiments blood was
sampled by the JV catheter at intervals of 15 min and assessed for its glucose content. Blood
glucose values were obtained by colorimetric glucose strips (AccuChek; Roche). Animals
were sacrificed immediately after the experiment by i.v. administration of pentobarbital. The
iMBD electrochemical signal was recorded at a rate of 10 HZ and averaged at 1 Hz.
All animal experiments were approved by the Institutional Animal Care and Use
Committee of the University of Groningen.
7.2.5– Data Analysis and statistical evaluation
Changes in oxidation current monitored in the in vitro calibrations were used to estimate
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several microelectrode and biosensor performance parameters. The Selectivity Coefficient
(SC) (Equation 1) was calculated using a previously described model (Cordeiro et al. 2016):

Equation 1
The performance parameters of the microelectrode (noise, limit of detection (LOD) and
linear range sensitivity (LRS)) were estimated based on linear regression analysis. Biosensor
performance parameters were calculated by non-linear regression, using a Michaelis-Menten
derived kinetic model (equation 2) (O’Neill et al. 2008). The calculated parameters include
limit of detection (LOD), linear Range (LR) linear range slope (LRS) Michalis-Menten
constant (appKM), maximum current intensity (IMAX), and the surface independent constants
(SI appKM, IMAX ). Linear and non-linear regression analysis were performed using GraphPad
Prism 6.0. The LRS was calculated according to equation 3,
while LOD was estimated based on equation 4.

Equation 2

Equation 3

Equation 4
All data was presented as mean ± standard error of the mean (SEM). All calculated
parameters were statistically evaluated either by One-Way (evaluation of biosensors) or
Two-Way ANOVA (characterization of the microelectrode). When necessary, additional
Bonferroni tests were performed. Calculated values of p< 0.05 and p< 0.001 were considered
statistically significant and highly significant, respectively. Correlation analysis was
performed using the Pearson Product Moment Correlation. All statistical analysis were
performed using SigmaStat 12.0.
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7.3-Results and discussion
7.3.1- In vitro evaluation
7.3.1.1- Scanning Electron Microscopy evaluation
Scanning electron microscopy was applied to evaluate the morphology of the
microelectrode surface. We studied the surfaces of W-Au based microelectrodes, bare as well
as functionalized with Nafion, Nafion-PPD or Nafion-PPD/GOx. Our results (Fig S7) show
that the surface of bare W-Au microelectrodes is somewhat rough (Fig S7 A1 to A4). However
after its functionalization with permselective membranes this roughness disappeared. No
significant differences between the surfaces of W-Au microelectrodes covered with either
Nafion (Fig S7 B1 to B4) or Nafion-PmPD (Fig S7 C1 to C4) were observed. These results
are in accordance with previously described experiments in which it was shown that on
microelectrodes previously functionalized with Nafion, polymerization of PPD occurred on
the remaining active surface after Nafion self-assembly (Cordeiro et al. 2016).
In addition, we noticed few differences between the morphology of the surface of the
microelectrodes functionalized with permselective membranes and the fully assembled
glucose biosensors (Fig S D1 to D4). Due to the presence of the hydrogel the diameter of
the W-Au glucose sensor was somewhat larger than those of the microelectrodes coated with
the permselective membrane alone. Our data showed that the diameter of a fully assembled
biosensor to be approximately 53 µm.
7.3.1.2- Cyclic Voltammetry characterization
For an electrochemical characterization of W based microelectrodes, we first performed
CVs of the W, Au and W-Au based microelectrodes were recorded in absence and presence of
increasing levels of H2O2. The results show that W microelectrodes made of the core metal,
displayed two oxidation peaks at 50 and 500 mV (Fig 2 A). Interestingly we observed that
increasing H2O2 levels, resulted in a decrease in oxidation current for both peaks, reaching
lower values when exposed to the highest H2O2 levels. The high noise levels that were
observed is explained by the rough surface of the electrodes.
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Figure 2 – Voltammograms of bare W (A), Au (B) and W-Au (C) microelectrodes in the presence of increasing H2O2
concentrations (0 to 2 mM), at a scan rate of 50 mV/s.

Exposing the Au microelectrodes to H2O2 produced a very different electrochemical profile
(Fig 2 B). Now an irreversible redox profile was observed, as previously described (Gerlache
et al. 1997). Our data showed first a single oxidation peak (around 900 mV) followed by
reduction peak around 450 mV. However when exposed to higher H2O2 levels (≥ 1mM) the
oxidation peak seems to shift from 900 to 950 mV. While an increase in H2O2 resulted in
higher currents for the oxidation peak, we observed the opposite effect for the reduction peak,
as increasing analyte concentration resulted in lower reduction currents. These results are in
line with existing literature data (Gerlache et al. 1997).
It is evident that W microelectrodes displayed a very different electrochemical profile,
when compared to Au microelectrodes In addition Au microelectrodes responded to H2O2
with much lower currents when compared to W microelectrodes, also due to a significant
decrease in active surface.
The CV’s of the W-Au microelectrodes, displayed an electrochemical profile that was very
similar to the profile of Au microelectrodes (Figure 2-C). As observed for Au microelectrodes,
we observed an oxidation peak around 900 mV and a reduction peak around 450 mV.
However, W-Au microelectrodes display much less oxidation/reduction when compared with
Au microelectrodes. Although Au is highly conductive, W has a lower intrinsic conductivity
(Sankar et al. 2014). As W is the core material of the microelectrode, electron transfer on the
W-Au wire can be hampered by the less favorable electrical intrinsic properties of W such as
lower conductivity and higher resistivity.
Additionally the W-Au electrodes have higher resistance than pure W wires, due to the
low thickness of Au, both also due to the inductance effect that is exerted by the W core.
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Nevertheless, our data show that W-Au microelectrodes are suitable for monitoring
changes in H2O2 by monitoring the changes the oxidation currents.
7.3.1.3- Amperometry characterization of the microelectrodes
7.3.1.2.1- Evaluation of bare W-Au microelectrodes
After, the response of the bare W-Au micro electrode (50 µm Ø x 2 mm) to H2O2 was
determined. Fig 3A shows the effects of consecutive additions of increasing amounts of H2O2
(5 to 500 µM) potential of the electrode was set at 900 mV.

7

Figure 3- A- Typical in vitro H2O2 calibration of a bare W-Au microelectrode at 900 mV vs Ag/AgCl. B- In vitro
H2O2 calibrations of bare W-Au microelectrodes polarized at different potentials (600-900 mV vs Ag/AgCl). CIn vitro H2O2 calibrations of W-Au microelectrodes coated with Nafion polarized at different potentials (600-900
mV vs Ag/AgCl), D- In vitro H2O2 calibrations of W-Au microelectrodes coated with Nafion –PmPD polarized at
different potentials (600-900 mV vs Ag/AgCl).

Our results shows that the W-Au microelectrodes reached a stable baseline current within
a few minutes (≤5 min).In addition the electrodes responded fast (t95 ≤ 1 s) to consecutive
additions of increasing H2O2. The oxidation currents were linearly correlated with the

211

CHAPTER 7

H2O2 concentration (R2 ≥ 0.99). These data indicate that W-Au microelectrodes are able to
continuously monitor small changes in H2O2, with a fast response time and high sensitivity.
Data presented in Figure 3-B to D shows that all bare W-Au microelectrodes displayed a
linear correlation between the H2O2 concentration and oxidation current, when the applied
potential was varied between 600 and 900 mV. We did not find differences in the oxidation
currents of microelectrodes exposed to increasing H2O2 levels, for low applied potentials
(600-800 mV). However, the oxidation currents of W-Au microelectrodes polarized at 900
mV were higher (p ≥0.05) than when polarized at any other potential, for high H2O2 levels (≥
100 µM). These observations in line with the CV presented earlier, that showed an oxidation
peak at 900 mV.
Based on these calibrations and using linear regression methods, we estimated various
analytical parameters such as noise level, baseline current, LRS, and LOD. Despite the
differences observed in the calibration curves, we found that that modification of the applied
potentials did not affect any of the calculated parameters, except for the LRS (p≤0.05).
Next, we monitored oxidation currents of the major electrochemical interfering species
DA, DOPAC, UA and AA in presence of H2O2. All bare W-Au electrodes displayed significant
oxidation currents for the interfering compounds independently of the applied potential.
However, the oxidation currents in presence of UA and AA in its physiological levels, were
higher than DA or DOPAC (SI Fig 1). Using a previously described model (Cordeiro et
al. 2016; M. and Buck 1996; O’Neill et al. 2008), we estimated the SC for all non-specific
electroactive species (SI Table 1). The SC for DA is 10 fold higher when compared to the SC
of the other interfering compounds, independently of the applied potential. Interestingly, we
observed that the SC of DA was lower at 900 mV, when compared to lower applied potentials
(600-800 mV). This is explained by the fact that the oxidation peak of DA on Au surfaces
occurs at a lower potentials than H2O2 oxidation (Zachek et al. 2008).
Manipulation of the applied potential significantly affected the SC for all other interfering
species. However, while an increase in potential resulted in a decrease in SC for DA, we
observed the opposite effect for all other species. The SC at 900 mV was always the highest
for AA, UA and DOPAC. It is concluded that changes in applied potential differentially
affects the SC of the major interfering compounds. Therefore, to selectively monitoring the
oxidation of H2O2, the use of permselective membranes is necessary.
7.3.1.2.2- Evaluation of functionalized W-Au microelectrodes
The use of permselective membranes has been described as an effective method to
minimize electrochemical interference of needle type Pt based biosensors (Cordeiro et al.
2016; Wahono et al. 2012). Therefore, we coated W-Au microelectrodes with two different
permselective membrane configurations (Nafion and Nafion-PPD) and evaluated its
performance in presence of H2O2 and the major interfering compounds.
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In vitro calibration of W-Au microelectrodes functionalized with either Nafion or
Nafion-PPD indicated (Figure 3 C and D) a linear correlation between the oxidation current
and H2O2 concentrations, independently of the applied potential.
Our data shows (SI Table 1) that most of the H2O2 related parameters, except LRS, were
independent of the coating or the applied potential. We found that, Nafion coated W- Au
microelectrodes had higher LRS, than microelectrodes coated with Nafion-PPD (for all
potentials) and bare microelectrodes (for 600 and 700 mV) (p≤ 0.05). The higher LRS of
Nafion coated microelectrodes when compared to electrodes coated with Nafion-PPD is due
to reduction of active surface due to PPD polymerization (Cordeiro et al. 2016). However,
the reason for a LRS when compared to bare electrodes is different. We found a shift in the
oxidation peaks of the CV profile of Nafion coated W-Au microelectrodes when compared
with bare W-Au microelectrodes (SI Figure 4), that results in higher currents at potentials
between 600 and 800 mV.
Functionalized microelectrodes displayed significant lower oxidation currents when
compared with bare microelectrodes, for all investigated non-specific electroactive species
(SI Figures 2 and 3).These lower oxidation currents implied significant changes in the
respective SC.
Functionalized microelectrodes display lower SCs for all interfering compounds at all
tested potentials when compared with the SC obtained for bare microelectrodes (p≤0.001).
We observed significant differences in the SC of some interfering compounds, between
microelectrodes coated with Nafion and Nafion-PPD. While no differences were observed
in the SC for AA and DOPAC, at any applied potential, we found that SC for both UA
were lower in Nafion-PPD coated microelectrodes than in those coated with Nafion only.
(p≤0.05 and p≤0.001 respectively). These result are in agreement with earlier studies using
Pt microelectrodes (Cordeiro et al. 2016; Wahono et al. 2012).
Functionalizing W-Au microelectrodes with a permselective membrane resulted in an
increase in sensitivity towards H2O2 when the higher potentials were applied (Table S1). The
use of PPD in combination with Nafion results in a slight but significant decrease in sensitivity
when compared with Nafion coated microelectrodes. However, it enhances microelectrode
selectivity to some of the major non-specific electroactive species, like UA and especially
DA.
For implantation in brain tissue with low DA levels, both Nafion and Nafion-PPD coated
microelectrodes seem well suited. However, a Nafion-PPD membrane should be used when
DA levels are relevant.
7.3.1.2.3- Evaluation of W-Au based glucose biosensors
Next, we assembled W-Au based amperometric enzymatic glucose biosensors; Nafion
combined with PPD was used, as it was most effective combination of permselective
membranes (W-Au/Nafion-PPD/GOx). We fabricated biosensors with different enzyme
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loadings (0.2, 0.4 and 0.6 U/µL), and evaluated their performance when polarized at several
potentials (600 to 900 mV).

Figure 4- A- Typical in vitro glucose calibration of a W-Au/Nafion-PmPD/GOx (0.6 U/µL) biosensor at 900 mV vs
Ag/AgCl exposed to increasing concentrations of glucose (20 µM to 64 mM). Insert –Change in oxidation currents
in response to the addition of low glucose levels (up to 2 mM).

All W-Au glucose biosensors displayed a non-linear increase in oxidation current in
response to its exposure to increasing glucose levels response to glucose in the wide dynamic
range tested (20 µM to 64 mM) (Figure 4). Our results (Figure 5) shows that the calibration
profiles were dependent both on the enzyme loading and the applied potential.
Biosensors polarized at 600 and 700 mV (Figure 5 A and B) reached a current threshold
at lower glucose levels compared with biosensors polarized at 800 and 900 mV. Moreover
the oxidation currents of biosensors polarized at 800 and 900 mV levels were higher than for
biosensors polarized at 600 and 700 mV for high glucose levels (≥ 8 mM).
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Figure 5- In vitro calibrations of W-Au/Nafion-PmPD/GOx biosensors loaded with different enzyme (0.2; 0.4 and
0.6 U/µL) concentrations, polarized at 600 (A), 700 (B), 800 (C) and 900 mV (D) vs Ag/AgCl. Inserts - In vitro
calibrations for low glucose levels (up to 4 mM).

The use of a previously described model for kinetics of enzyme immobilized onto
microelectrode surfaces (Calia et al. 2009; Cordeiro et al. 2015; O’Neill et al. 2008) allowed
us to estimate the most relevant biosensor performance parameters (LOD, IMax, appKM, LR and
LRS). Our data (SI Table 2) showed that both enzyme loading and applied potential have a
significant influence on most but not all biosensor performance parameters.
Despite the differences in calibration profiles, the LOD of the biosensors were independent
of both the applied potential and enzyme loading. All of the W-Au microelectrodes displayed
an LOD between 96.32 and 222.84 µM. As the expected brain glucose levels are between
0.5 and 2.5 mM (Cordeiro et al. 2015; Duelli and Kuschinsky 2001), based on the LOD, all
sensors should be suitable to detect brain glucose in vivo.
W-Au biosensors loaded with the highest enzyme concentrations (0.6 U/µL) displayed
higher IMax than any other biosensors configuration, when polarized at the highest potentials
(800 and 900 mV, p≤ 0.001).
Additionally, the applied potential had also a strong influence on the IMax. Biosensors
polarized at the highest potentials displayed higher IMax than biosensors polarized at lower
potentials, independently of the amount of enzyme. The loading of the enzyme might have
shifted, as observed for the permselective membranes, the optimal H2O2, most likely towards
a higher potential.
Besides its role in IMax, the applied potential also has an important role in the appKM,
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especially for biosensors loaded with more enzyme. When polarized at 900 mV, biosensors
loaded with 0.6 and 0.4 U/µL displayed a higher appKM (p≤0.001), thus LR, than biosensors
loaded with 0.2 U/µL. Moreover, biosensor appKM was also affected by the amount of enzyme
loaded. Biosensors loaded with 0.6 U/µL displayed higher appKM than biosensors loaded with
0.4 or 0.2 U/µL. Since the LR is dependent on the appKM, differences in the affinity constant
dependent on both parameters, imply differences in the LR.
Furthermore, we found that both applied potential and enzyme loading influence biosensor
LRS. This fact is not surprinsing, since the LRS is dependent on both IMax and appKM, kinetic
parameters that are dependent on the applied potential and enzyme loading. Biosensors
polarized at the lowest potential displayed, independently of the amount of enzyme loaded,
display higher LRS than when polarized at any other potential, (p≤0.001). As the potential
increases, we observed a decrease in LRS. Additionally we found that for applied potentials
lower than 900 mV, the LRS of biosensors loaded with 0.4 U/µL was higher when compared
with biosensors loaded with either 0.2 or 0.6 U/µL (p≤0.001). However, when polarized at
900 mV, we did not find any differences in the LRS for biosensors assembled with different
enzyme concentration.
Regarding the fact that brain glucose levels vary between 0.5 and 2.5 mM, it is concluded
that biosensors polarized at 900 mV, independently of the enzyme loading, were the most
suited for in vivo brain biomonitoring (LR ≥ 2 mM). Biosensors loaded with 0.6 U/µL, and
polarized at 800 mV (7.5 ± 0.36 mM) also displayed a LR that seems adequate for in vivo
implantation.
In summary, our data suggest that the performance of W-Au biosensors depends both on
enzyme loading and the applied potential.
7.3.2- In vivo evaluation
Based on the present results we selected the W-Au/Nafion-PPD/GOx (0.6 U/µL) biosensor
polarized at 900 mV, for in evaluation in vivo in brain tissue.
To further increase the accuracy of the sensor we applied a self-referencing system. In that
sense the iMBD that included an enzymeless background sensor (BG).
Prior to implantation the glucose sensors were evaluated in vitro. We observed a stable
baseline currents for both the glucose 20 min after the immersion of the device in PBS. Our
data (SI Figure 5) showed that that there was no cross talk between both sensors. However,
we observed a residual oxidation current from the BG for high, non- physiological relevant
brain glucose levels (≥ 16 mM). This is due to the large amount of H2O2 produced by enzymes
immobilized on the glucose sensor surface, and it has been reported to have no influence
when implanted (Cordeiro et al. 2015).
Finally, the iMBD was implanted in the mPFC of anesthetized animals. After a stabilization
period, we modulated brain glucose levels, by intrathecal administration of glucose (1 M) or
by infusing insulin (5U/Kg) intravenously.
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Figure 6- Monitoring glucose in vivo with W-Au based iMBD. A- Stabilization period B- Changes in
subtracted currents following local glucose administration. C- Changes in subtracted currents following
insulin administration (5U/Kg, i.v); Insert - Changes in blood glucose levels.

After implantation, the iMDB reached stable current less than 15 minutes after
implantation. This period was shorter than reported for any biosensor to monitor in vivo brain
glucose (Cordeiro et al. 2015). The fast stabilization of this iMBD might be attributed to an
improved spatial resolution. The higher spatial resolution resulted in lower electrode active
surface, thus faster electrode stabilization but also in a reduction tissue damage.
A small (3.5 and 6%) increase in the iMBD subtracted current was observed following two
consecutive injections of glucose (10 µL, 1 M). The current raised sharply immediately after
the administration, reaching its maximum less than a minute after local glucose injection. A
similar fast sensor response after perfusion of 1M of glucose, was reported by Lowry and
colleagues (Lowry et al. 1998a).
Additionally, we observed a decrease in the subtracted current, after insulin was
administration (5U/kg, i.v.). The iMBD subtracted current started to decrease, at a slow rate,
immediately after insulin administration, reaching 90% of its basal levels, approximately 30
min after administration. After reaching its lowest levels, the subtracted current remained
stable for an additional 30 min. The changes in subtracted current were well correlated
(R ≥ 0.85, p≤ 0.05; Pearson Product Moment Correlation) with changes in the decrease
in circulating blood glucose. These changes are comparable to those previously described
for brain glucose monitored by biosensors in response to insulin administration (Cordeiro
et al. 2015; Lowry et al. 1998a; Vasylieva et al. 2011). A decrease in brain glucose after
insulin administration was also observed using other brain biomonitoring techniques, such as
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microdialysis (de Vries et al. 2005).

7.4-Conclusion
The presented data demonstrated that W-Au microelectrodes, when functionalized with
permselective membranes, are able to monitor with high degree of sensitivity and selectivity,
changes in H2O2. We also demonstrated that, with appropriate polarization and enzyme
loading, functionalized W-Au microelectrodes can be used as a platform for the assembly
of sensitive and selective glucose biosensors. Finally, we demonstrated that W- Au based
biosensors are able to monitor changes in brain glucose, evoked by local administration of
glucose or i.v. administration of insulin.
The use of a core of the strongest metal, coated with a thin layer of a highly conductive
material (Au) may allow a successful downscale of implantable, needle type biosensors. The
prospective downscaling of these devices will enable in vivo brain biomonitoring, with even
higher spatial resolution (≤ 5 µm Ø), hence (even) less tissue damage.
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7.6- Supplementary Material
7.6.1-Oxidation currents of non-specific electroactive species

Figure S1- Changes in oxidation current of bare W-Au electrodes exposed to physiologically relevant levels of the
major non-specific electroactive species.

Figure S2- Changes in oxidation current of Nafion coated W-Au electrodes exposed to physiologically relevant
levels of the major non-specific electroactive species.

Figure S3- Changes in oxidation current of Nafion-PPD coated W-Au electrodes exposed to physiologically relevant
levels of the major non-specific electroactive species.
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7.6.2-In vitro voltammetry evaluation.

Figure S4- Voltammograms of bare Au and W-Au microelectrodes and Nafion coated W-Au microelectrodes in
presence of H2O2.

7

223

224

11,68

0,03

0,73

30,26

0,15

2,03

Baseline (nA)

LRS (nA/
µM)

LOD (µM)

1,05

0,16

32,02

0,05

Mean

0,34

0,03

11,47

0,02

SEM

700 mV
n=6

1,71

0,19

36,46

0,096

Mean

0,49

0,02

12,31

0,02

SEM

800 mV
n=6

0,41

0,34

41,01

0,05

Mean

0,12

0,04

11,51

0,02

SEM

900 mV
n=6

0,55

0,38

28,27

0,07

Mean

0,13

0,05

7,50

0,02

SEM

600 mV
n=6

7,68

21,03

8,77

35,74

173,33

118,49

SC DOPAC

SC UA

SC AA

175,45

384,53

124,16

11,02

36,52

6,96

224,42

502,71

152,68

21,04

52,48

18,96

507,99 45,65

590,12 34,30

197,45 18,05

-14,43

-75,83

-5,41

8,10

5,39

10,37

1924,65 377,28 2333,49 430,74 1789,51 513,61 365,88 304,63 139,91 354,97

0,04

0,10

Noise (nA)

SC DA

SEM

Mean

600 mV
n=6

Bare

0,02

0,15

0,03
0,57

0,38

39,93

0,07

Mean

0,17

0,04

11,33

0,02

SEM

800 mV
n=6

1,28

0,45

39,84

0,19

Mean

0,43

0,06

12,98

0,07

SEM

900 mV
n=6

2,01

0,24

25,27

0,12

1,04

0,04

7,06

0,05

Mean SEM

600 mV
n=6

800 mV
n=6

1,70

0,29

27,02

0,15

0,08

0,03

0,61

0,03

1,27

0,19

0,41

0,02

7,56 31,09 8,49

0,05

1,46

0,28

35,11

0,11

0,62

0,04

9,43

0,03

SEM

900 mV
n=6

Mean SEM Mean SEM Mean

700 mV
n=6

Nafion-PPD

3,07

15,55

1,15

-59,92 12,78 -46,45

-29,80 17,65 -62,09

8,19

2,82

6,72

-11,87

-44,92

-73,75

2,06

10,63

11,62

-17,32 0,82

-15,47 3,01

-64,51 6,02

-1,95 1,81
-13,94 1,21 -15,45 1,63

-10,86 2,39

-22,54 5,58 -21,68 4,70

-16,09

-8,48

-38,47

0,98

2,51

4,24

433,09 148,90 511,01 172,72 211,51 134,08 -992,37 94,89 -522,43 94,46 -81,17 69,48 -392,22 102,72

0,88

0,45

34,90 10,62

0,13

Mean SEM

700 mV
n=6

Nafion

Table S1- Performance parameters of bare (A) and functionalized W-Au microelectrodes (B-Nafion, C- Nafion-PmPD) polarized at different potentials (600 to 900 mV
vs Ag/AgCl).

7.6.3-In vitro evaluation of the performance of W-Au microelectrodes.
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7.6.4-In vitro evaluation of the performance of W-Au based glucose biosensors.
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7.6.5-In vitro iMBD evaluation.

Figure S5- Typical In vitro calibration of the implantable biosensor device (iMBD).

7.6.6-In vivo iMBD evaluation.

Figure S6- Experimental setup for in vivo evaluation of the W-Au based iMBD.
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7.6.7- Scanning Electron Microscopy evaluation

7

Figure S 7- SEM evaluation of bare W-Au microelectrodes (A1 to A4) and W-Au microelectrodes coated with
Nafion (B1 to B4), Nafion-PmPD (C1 to C4) and Nafion-PmPD/GOx (0.4 U/µL) (D1 to D4). Figure S7 A1 to A4
show details of bare W-Au microelectrodes. Figures A1 and A2 show a detail of the cross section of a bare W-Au
microelectrode magnified 2500x and 10000x respectively. Figures A3 and A4 show a detail of the surface of a bare
W-Au microelectrode magnified 2500x and 10000x respectively. Figures B1 and B2 show a detail of the cross
section of a W-Au microelectrode coated with Nafion magnified 2500x and 10000x respectively. Figures B3 and B4
show a detail of the surface of a W-Au microelectrode coated with Nafion magnified 2500x and 10000x respectively.
Figures C1 and C2 show a detail of the cross section of a W -Au microelectrode coated with Nafion-PmPD magnified
2500x and 10000x respectively. Figures C3 and C4 show a detail of the surface of a W-Au microelectrode coated
with Nafion-PmPD magnified 2500x and 10000x respectively. Figures D1 and D2 show a detail of the cross section
of a W-Au microelectrode coated with Nafion-PmPD magnified 2500x and 10000x respectively. Figures D3 and
D4 show a detail of the surface of a W-Au microelectrode coated with Nafion-PmPD magnified 2500x and 10000x
respectively.
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Although biosensor technology has evolved tremendously, it has not reached yet its full
potential. Although a variety of new devices have been reported, the amount of biosensor
devices that actually made the transition from benchtop proof-of-concept to in vivo applications
remains small. Nowadays, only a handful of sensor types are available for continuous
biomonitoring of glucose in a clinically relevant environment. All biosensors designed for
in vivo applications are electrochemical, mostly amperometric and enzyme-based. Current
state-of-the art Continuous Glucose Monitoring (CGM) devices still heavily relies on this
type of biosensors.
Despite the relative success of this type of biosensors in glucose biomonitoring, there are
several aspects that hamper the daily use of these sensors by diabetic patients. Within this
thesis I have identified, studied and hopefully contributed to a better understanding of some
of those factors. Additionally I have attempted to apply these factors in the development
and characterization of novel biosensors not only for CGM, but for in vivo biomonitoring in
general.
In the first chapter (Chapter 1) it is explained why, there is still a need for a better CGM,
despite decades of development in glucose monitoring tools in general, and biosensors in
particular. Although various proof-of-concept biosensors, with multiple biorecognition
elements coupled to a large array of transducers has been described, in vivo biomonitoring
with biosensors is still confined to electrochemical (amperometric) enzyme-based
biosensors. Therefore the fundamentals of electrochemical biosensors mechanism, in
particular enzyme-based ones is presented. It is concluded that a better understanding of the
mechanisms underlying amperometric enzyme-based biosensors may be the key to improve
the use of CGM in diabetic patients. Additionally it may enable the emergence of biosensors
for continuous monitoring of other key biomarkers.
Then, in chapters 2 and 3, (Chapters 2 and 3) a series of experiments aimed at a
better understanding of basic amperometric enzyme-based biosensors electrochemistry
is described. Chapter 2 is focused in understanding how permselective membranes (a
major breakthrough in biosensor technology) enable improved selectivity of amperometric
electrochemical biosensors. The surface of microelectrodes coated with various permselective
membrane configurations was evaluated electrochemically and by SEM. All membranes
were very effective in reducing electrochemical interference, but they also significantly
reduced sensitivity towards target analyte. This effect was amplified in the cases of
membrane combinations. Surface evaluation by SEM allowed the identification of an “inner
polymerization” phenomena that pointed to a close relationship between (reductions) in
surface availability and membrane selectivity.
In the next chapter (Chapter 3) we investigated how surface availability, modulated
by the choice of membrane assembly, influenced the performance of amperometric
enzyme-based biosensors. We found that biosensors based on permselective membranes
with higher electrode active surface were more sensitive, without significant changes in their
affinity for glucose. By using a model for kinetics of enzymes immobilized onto electrode
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surfaces we found that IMax and LRS, but not appKM nor LR were dependent on biosensor
surface availability. These data provide a better understanding of the relationship between
enzyme kinetics and biosensors performance and the role played by surface availability. The
knowledge acquired in Chapter 2 and 3 was used to develop and characterize the biosensors
described in the following chapters.
In Chapter 4 we describe the development and characterization (in vitro and in vivo) of a
novel biosensor device, for subcutaneous CGM in freely moving animal models. We evaluated
in vitro, the performance of several designs, based on needle-type Pt based microelectrodes.
We found that the use of a microdialysis membrane on biosensor assembly improved the
intrinsically low LR of such biosensors. The most suitable biosensor design (PtIr/Nafion/
GOx/PE) was then coupled to a wireless prototype, using a 2 channel potentiostat with a
self-referencing system (Sensor and Background). The CGM wireless biosensor device was
then implanted subcutaneously in freely moving rats. Its in vivo performance of the sensor was
evaluated by submitting the animal to pharmacological challenges known to modify blood
glucose levels. The described CGM was able to detect significant changes in subcutaneous
glucose following intravenous administration of a glucose and insulin. We found a strong
correlation in changes between blood glucose and the subcutaneous glucose levels monitored
by the CGM regardless of the algorithm used to convert oxidation currents into subcutaneous
glucose levels. Nevertheless, the use of multiple point blood calibration showed a higher
correlation between blood and subcutaneous glucose levels. Although biofouling, due to
foreign body response, had a significant deleterious impact in biosensor performance, the
wireless CGM was able to accurately monitor glucose for 5 consecutive days. This prototype
iMBD may pave the way towards a minimally invasive portable CGM.
The positive results of chapter 5 encouraged us to take a “leap of faith” and to try to bridge
the gap between benchtop technology and “applicable” biosensor applications.
Sterility is a prerequisite for biomedical devices in order to be used routinely both in
clinical environment and at home. Therefore, in Chapter 5 we investigated the effect of
several sterilization methods on biosensor performance, both acutely and up to one month
after sterilization. Although the various sterilization methods had distinguishable effects on
biosensor performance, all treatments caused a significant decrease in several key biosensor
performance parameters. However, and despite such strong effects, some of the tested
sterilization methods (EtOx, H2O2 (alone and combined with y-radiation) may allow a proper
sterilization without impairing the ability the biosensor to selectively monitor glucose.
In the first chapter it is mentioned that the ability of the human body to regulate its own
blood glucose levels is intrinsically related to the normal function of the endocrine system. In
a diabetes patients, the ability of these mechanisms to regulate blood glucose levels is either
severely impaired or, in extreme cases, absent. Therefore, diabetes patients rely on frequent
glucose monitoring to maintain blood glucose levels within its “normal” range. Although
glucose regulation is immediately associated to the endocrine system, new evidence points
to an involvement of the CNS in glucose homeostasis. There is growing interest in the
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putative ability of the brain to control blood glucose availability. Moreover, it is thought that
abnormalities in brain energy metabolism may be associated with early diabetes stages.
Therefore in Chapter 6 I describe the development and characterization of a multiplex
biosensor device (MBD) for continuous and simultaneous in vivo biomonitoring of key
biomarkers in brain energy metabolism. First we developed and characterized amperometric
enzyme-based biosensors for in vivo biomonitoring of lactate and pyruvate. After we
assembled a multiplex biosensor device comprising the most suitable pyruvate and lactate
biosensors, along with the glucose biosensor (described in Chapter 3) and a background
sensor. In vivo performance of the MBD was evaluated by submitting an anesthetized animal
to pharmacological challenges known to induce, significant changes in blood glucose levels,
as described in Chapter 4.
The prototype MBD was able to simultaneously and accurately monitor independently
and simultaneously basal brain levels of all the target biomarkers (glucose, lactate pyruvate).
Additionally, it was able to monitor, continuously, simultaneously and in real time, differential
changes in glucose and lactate in response to the pharmacological challenges. Although
the functionality of the pyruvate biosensors incorporated in the MBD was assessed after
explanation, no significant changes in brain pyruvate were found. Nevertheless, the described
MBD has proven to be a valuable tool to better understand the energetics of the brain and
clarify its role on diabetes onset.
Despite the success of amperometric biosensors in brain monitoring, better spatial
resolution reamains a goal in the development of new tools for experimental neuroscience.
In Chapter 7 we try to move towards the miniaturization of needle type amperometric
enzyme based biosensors. Tungsten (W) is the strongest metal and microelectrodes based
on tungsten might be downscaled to even a few nanometer in diameter. However, in order
to use W microelectrodes as a basis for amperometric enzyme-based biosensors, its surfaces
need to be coated with a highly electroactive metal, such a gold (Au). Therefore we have
developed and characterized (in vitro and in vivo) biosensors based on W-Au needle type
microelectrodes. We characterized the electrochemical profile of W-Au microelectrodes
(bare and coated with permselective membranes) in presence of both target analytes and its
putative electrochemical interfering compounds. This characterization allowed us to identify
the most suitable potential to ensure continuous monitoring of H2O2 with high sensitivity
and selectivity. These microelectrodes were then used to build glucose biosensors, whose
performance was evaluated in vitro and in vivo. Amperometric enzyme-based W- Au based
glucose biosensors were able to monitor, with high degree of sensitivity and selectivity,
changes in glucose both in vitro and in vivo, in the brain of anesthetized rats.
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8.1- Outlook
Although amperometric enzyme-based biosensors are already employed in in vivo
biomonitoring, either in experimental physiology, or as diagnostic tool (in the case of the
CGM devices) it is fair to assume that they haven’t reached yet its true potential. There are far
to few “real” applications of biosensors, when compared to the abundant proof-of-principle
devices described in literature. For biosensors to be regarded as reliable bioanalytical tools,
capable of providing data that can decisively impact either preclinical research and/or disease
management in clinical settings, there is still a long way to go.
Nowadays, biosensors for in vivo biomonitoring still require miniaturization. Not only
to increase its spatial resolution but also to enable better patient compliance. Biosensor
miniaturization may be achieved by using new, more resistant materials in microelectrode
manufacturing. However, as size does matter in terms of biosensor performance, the
continuous downscale of these devices, will come with a price. As biosensors will get
increasingly smaller, they will also become less sensitive. To overcome this size dependent
limitation, surface modification will be necessary. The use of carbon nanotubes and metalbased nanoparticle, alone or in combination with conductive polymers or even graphene, may
allow an adequate surface to area ratio in increasingly small, thus less invasive, biosensors.
However, miniaturization is not the only challenge faced by the biosensor community
towards widespread application of biosensors in in vivo biomonitoring. As, at least in the
next few decades, biosensors for in vivo biomonitoring will be most likely, invasive, better
understanding of the FBR mechanism is fundamental. A deeper insight on FBR may lead
to the necessary breakthrough in material sciences, enabling more favorable interactions
of the biosensors with living tissues, with the obvious benefits for in vivo biomonitoring.
Only then, biosensors can finally unleash its true potential as bioanalytical tools for in vivo
biomonitoring.
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Nederlandse Samenvatting
“Real-time biomonitoring” van de bloedsuikerspiegel in diabetespatiënten is een
technologische uitdaging waarvoor nog geen optimale oplossing bestaat. Hoewel er
reeds biosensoren in een klinische setting worden toegepast, staan lage selectiviteit en/
of gevoeligheid, afstoting door het lichaam en een korte levensduur toepassing op
populatieniveau in de weg. Het huidige onderzoek heeft zich daarom gericht op 1) het meer
inzicht verkrijgen in de biochemische mechanismen die de eigenschappen van biosensors
bepalen en 2) de ontwikkeling en optimalisatie van een elektrochemische sensor die online
glucose, lactaat en pyruvaat kan meten in levend weefsel.
Het eerste hoofdstuk bespreekt de huidige stand van zaken in het onderzoeksveld. Aan
bod komen de voor- en nadelen van bestaande klinische methoden om glucose te meten,
met een focus op amperometrische biosensors op basis van enzymen. Hoofdstuk twee en
drie gaan dieper in op de eigenschappen van verschillende ion-uitwisselende membranen,
welke de selectiviteit van de biosensor versterken. In deze hoofdstukken blijkt dat een nafion
membraan in combinatie met PPD de meest optimale in vitro biosensor eigenschappen bezit.
Deze bevinding wordt preklinisch relevant in hoofdstuk vier, waar de gevoeligheid voor
glucose en levensduur van de sensor wordt getest in vivo. Door koppeling aan een draadloze
transponder is de sensor in staat om de bloedsuikerspiegel tenminste vijf dagen accuraat te
meten, waardoor de sensor potentie heeft om te worden gebruikt in een klinische setting.
Vereiste hiervoor is dat de sensor gesteriliseerd kan worden. Daarom wordt in hoofdstuk vijf
het effect van verschillende sterilisatiemethoden onderzocht, waaruit blijkt dat - ondanks een
reductie in gevoeligheid - de sensor ook na sterilisatie geschikt zou zijn om glucose te meten
in vivo.
Hoofdstuk zes beschrijft de ontwikkeling een multiplex biosensor die simultaan glucose,
lactaat en pyruvaat meet. Omdat de hersenen een belangrijke rol spelen in de regulatie van de
bloedsuikerspiegel wordt door middel van deze multiplex sensor het verband tussen perifere
en centraal metabole processen bestudeerd. Een interessante bevinding in dit hoofstuk is
dat de pyruvaatconcentratie in de hersenen constant blijft, ongeacht sterke fluctuaties in de
glucosespiegel. In het hoofdstuk zeven wordt de ontwikkeling van een mini-biosensor op
basis van een goud-gecoate tungstenelektrode beschreven. In vitro en in vivo experimenten
laten zien dat ook deze elektrode accuraat glucose kan meten, wat potentie biedt tot minder
invasieve biomonitoring in diabetespatiënten.
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