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Abstract

This thesis presents the development of compact and optimized electronic systems for
portable electrochemical characterization, biosensing, and electrical stimulation, aiming to
advance continuous, non-invasive, and personalized healthcare monitoring. The primary
objective is to design and implement low-noise, high-performance electronic interfaces that
enable reliable electrochemical sensing, impedance spectroscopy, and electrical stimulation
in portable or point-of-care environments. Leveraging advances in mixed-signal circuit
design, the research explores energy-efficient architectures for real-time electrochemical
signal acquisition and controlled electrical actuation.

The work addresses critical challenges in device-level biosensing technologies, empha-
sizing long-term operational stability, high measurement accuracy, and robust wireless
communication to ensure dependable performance in connected healthcare scenarios. To
overcome these challenges, the thesis introduces innovative circuit- and system-level solu-
tions: a miniaturized potentiostat for electrochemical sensing, configurable bio-impedance
spectroscopy interfaces, and a programmable electrical stimulator designed for therapeutic
and reverse-iontophoretic applications. Special attention is devoted to safety mechanisms,
fault protection strategies, portability, and sustained reliability under physiological con-
ditions and resource-constrained environments.

A major contribution of this work lies in the design of compact and modular mixed-
signal platforms tailored for diverse bioelectronic modalities, providing the building blocks
for future closed-loop healthcare systems. Experimental validation demonstrates accurate
signal acquisition, efficient power management, and reliable operation under physiological
conditions, establishing a technological foundation for next-generation wearable and point-
of-care diagnostic platforms.

Keywords: wearable device, electrochemical sensing, impedance spectroscopy, elec-
trical stimulation, closed-loop bioelectronics, low-noise circuits, potentiostat analog front-
end, reverse iontophoresis, personalized healthcare.
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manuscript preparation.
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Author’s Contribution: Proposing, designing, and implementing the AD8302-based
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Thesis organization

The thesis is organized into five chapters with the following structure:

• Chapter 1 contextualizes this research within the field of portable devices for ther-
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apy closed-loop, focusing on the development of compact devices and optimized
electronic interfaces for electrochemical sensing and reverse iontophoresis applica-
tions. It reviews the background on wearable biomedical systems, highlighting needs
and current challenges in circuit efficiency, signal integrity, and device integration.
The chapter also outlines the motivation, objectives, and specific contributions of
this thesis toward advancing low-power, high-performance electronic platforms for
next-generation portable and wearable devices.

• Chapter 2 provides an overview of the fundamental principles of electrochemistry
and summarizing the main circuit configurations used for potentiostat-based sensor
readout. Building on this, a compact, general-purpose device for electrochemi-
cal sensor readout was designed, implemented, and experimentally validated. The
system features low-noise, low-power operation, is battery-powered, and integrates
wireless communication, making it suitable for portable and wearable biomedical
applications.

• Chapter 3 provides an overview of bioimpedance (bio-Z) spectroscopy as a valu-
able technique in clinical practice. Specifically, it introduces the fundamental prin-
ciples and electrophysiological mechanisms underlying the method, describes the
electrodes and measurement setups required for its implementation, and reviews a
range of potential solutions for designing bio-Z interface circuits. The chapter also
discusses key aspects of circuit architecture in demodulation approaches, highlight-
ing their main limitations and detailing how each approach was optimized in order
to expand the range and precision.

• Chapter 4 introduces the principles of electrical stimulation, detailing the stimula-
tion methods, summarizing the key design requirements, and providing an overview
of the proposed fully integrated system for portable and wearable applications.
Within this system, a ±120 V single-channel configurable stimulator and an over-
current detection circuit for ensuring safe stimulation are presented.

• Chapter 5 concludes the thesis and suggests future research directions on several
topics covered in this work.
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Chapter 1

Introduction

The development of wearable biosensors has emerged as a transformative approach for per-
sonalized, continuous, and non-invasive healthcare monitoring. These platforms integrate
advanced electronic systems with biochemical interfaces to enable real-time acquisition,
processing, and wireless transmission of physiological signals, offering a convenient alter-
native to conventional, often painful, blood analyses by enabling continuous monitoring
of biomarkers in biofluids such as sweat, saliva, tears, urine, and interstitial fluid (ISF)
[1]. Wearable platforms have been engineered in diverse forms depending on the target
biofluid and application. Epidermal sensors, such as skin patches, gloves, and confor-
mal skin-worn devices, provide comfortable and continuous monitoring of sweat and ISF
biomarkers [2, 3]. Microneedles and reverse iontophoresis systems allow minimally inva-
sive access to ISF, facilitating continuous analyte sampling for metabolites, electrolytes,
and glucose [4]. Wearable electrochemical devices integrated into smartwatches or wrist-
bands enable real-time monitoring of metabolites and nutrients in sweat and ISF [5, 6].
Ocular platforms, including smart contact lenses, eyeglasses, and spring-like sensors, en-
able detection of biomarkers in tears, while saliva-based wearables such as mouthguards
or pacifiers allow non-invasive continuous monitoring [7, 8]. At the core of these systems
lies the electronic architecture, which is responsible for accurate signal transduction, am-
plification, processing, and wireless communication. The architecture of these devices
generally includes: (i) a flexible or conformal substrate that maintains intimate contact
with the body; (ii) electrochemical electrodes; (iii) immobilized bio-receptors or recogni-
tion elements for selective analyte detection; (iv) amplification and signal processing cir-
cuits; (v) electrochemical analyzers; (vi) wireless communication modules; and (vii) data
acquisition and display software [6]. These electronic subsystems are not merely support-
ive components—they define the device’s performance in terms of sensitivity, stability,
and energy efficiency, ultimately determining its viability for long-term, portable oper-
ation. Through this integration, electrochemical signals generated by analyte–receptor
interactions are converted into electrical signals that can be measured, processed, and
transmitted in real-time. To achieve reliable sensing, wearable devices rely on advanced

1



materials and structural engineering. Hydrogels, for instance, serve as stretchable sub-
strates that conform to the skin while enabling analyte collection and immobilization of
sensing elements [9, 10]. The incorporation of nanomaterials enhances sensor sensitiv-
ity, detection limits, and mechanical robustness, enabling ultra-sensitive monitoring of
metabolites, glucose, and other biomarkers [11, 12]. Furthermore, microfluidic channels
are often integrated into wearable platforms to facilitate controlled collection and trans-
port of biofluids for continuous analysis [13]. The convergence of electrochemical sensing
with electrical stimulation technologies, such as reverse iontophoresis and drug delivery
modules, has enabled the development of closed-loop wearable systems. These platforms
can extract analytes from ISF or sweat for real-time monitoring while simultaneously
delivering therapeutic agents in a feedback-regulated manner. Such devices are particu-
larly relevant for chronic disease management—for example, closed-loop insulin delivery
in diabetes or real-time levodopa administration in Parkinson’s disease—where continuous
biochemical feedback guides therapeutic dosing and lifestyle interventions. Despite these
advances, challenges remain in sensor stability, selectivity, energy efficiency, and mechan-
ical integration. Flexible, miniaturized, and energy-efficient electronics, combined with
robust and biocompatible materials, are critical to achieving reliable, long-term perfor-
mance in real-world settings. Addressing these challenges is essential to advance wearable
electrochemical biosensors from research prototypes to practical, medical-grade platforms,
ultimately enabling continuous, real-time, and personalized healthcare monitoring.

Figure 1.1: Block scheme of a tailored system.
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1.1 Motivation

The growing demand for personalized, continuous, and non-invasive healthcare monitor-
ing has driven significant interest in electrochemical sensing technologies. These systems
enable the detection of biochemical markers from biofluids such as sweat, saliva, or in-
terstitial fluid, providing real-time insight into metabolic activity, electrolyte balance,
and physiological stress. Digitalizing chemical information into electrical signals, elec-
trochemical analysis offers a powerful route toward continuous metabolic monitoring in
wearable and portable devices, as well as in point-of-care (POC) platforms that allow
rapid, on-site diagnostic assessment. The ability to acquire real-time biochemical signals
is particularly critical for the management of chronic diseases, where timely feedback can
guide therapeutic interventions and prevent adverse events. Notably, this approach is
particularly relevant for diabetes management, where continuous glucose monitoring can
enable closed-loop insulin delivery, and for Parkinson’s disease, where real-time monitor-
ing of levodopa levels in the bloodstream can guide closed-loop, personalized levodopa
administration. However, despite extensive progress, several challenges still hinder the re-
liable and long-term implementation of electrochemical sensors in real-world applications.
The stability and reproducibility of electrochemical interfaces are often limited by factors
such as biofouling, drift, and environmental variability, which affect sensor calibration
and long-term accuracy. Moreover, achieving high sensitivity and selectivity in complex
biofluids requires careful electrode surface engineering, optimized transduction mecha-
nisms, and—critically—the integration of high resolution, low-noise, and energy-efficient
electronic front-ends. These electronic subsystems are the backbone of wearable and POC
platforms, as they govern signal fidelity, power consumption, and wireless connectivity,
ultimately determining the feasibility of continuous monitoring in resource-constrained
environments. These considerations are equally critical for Point-of-Care (POC) devices,
which demand rapid, robust, and user-friendly operation in diverse clinical or home set-
tings. Within the realm of electrochemical analysis, impedance spectroscopy has emerged
as a complementary technique for characterizing electrode–analyte interfaces and moni-
toring physiological states. By applying a small alternating current (AC) signal across
a range of frequencies and measuring the resulting voltage response, impedance spec-
troscopy provides insight into interfacial properties, charge transfer dynamics, and the
composition of biofluids or tissues. It is also widely employed as the primary measure-
ment method for impedimetric sensors, which detect changes in impedance caused by
biomolecular interactions at the electrode surface. This approach is particularly useful
for detecting subtle variations that may not be captured by conventional electrochemical
measurements alone. However, practical implementation in wearable and POC devices is
challenged by the requirement for high-frequency measurements, which increase energy
consumption and necessitate precise instrumentation to maintain accuracy across wide fre-
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quency ranges. Addressing these challenges is essential to move electrochemical sensing
beyond laboratory settings toward practical, medical-grade wearable and POC platforms.
The continued development of robust, miniaturized, and energy-efficient electronic inter-
faces will enable real-time monitoring of disease-relevant biomarkers, opening the door
to closed-loop bioelectronic systems. In such systems, continuous biochemical feedback
can directly inform therapeutic dosing, lifestyle adjustments, or other personalized inter-
ventions, providing a proactive and dynamic approach to disease management, as shown
in Fig. 1.1. To date, several devices for electrochemical sensing, electrical stimulation,
and impedance spectroscopy are commercially available and reported in the literature.
However, these solutions are often black boxes, bulky, and expensive, which limits their
accessibility and practical use in continuous, wearable healthcare applications. Therefore,
there is a critical need for design exploration across these three areas, aimed at developing
efficient yet simple architectures with built-in fault protection and safety features. Such
an approach would enable the integration of these subsystems, simplifying communication
and synchronization while mitigating the challenges associated with combining separate,
bulky systems for each technique. The potential advantages of integrating electrochem-
ical sensing, electrical stimulation, and impedance spectroscopy in a compact, portable
platform are substantial, offering new opportunities for both academic research and indus-
trial applications. In particular, the development of bi-directional interfaces that combine
sensing with drug delivery is highly promising, as it forms the foundation for closed-loop
systems. These systems have the potential to overcome the limitations of current electro-
chemical devices for disease monitoring by dynamically controlling therapeutic delivery
in response to real-time biomarker feedback, enabling truly personalized and automated
healthcare interventions.

1.2 Research Objectives

The primary aim of this thesis is to advance the development of integrated systems for
electrochemical sensing and electrical stimulation that combine clinical relevance with
industrial applicability. The research focuses on designing mixed-signal system architec-
tures, circuit techniques, and interface solutions for bio-impedance spectroscopy (bio-Z),
electrochemical sensing, and electrical stimulation, capable of operating efficiently and re-
liably in portable and wearable applications. A central goal is to increase the technology
readiness level (TRL) of these systems, moving them from laboratory prototypes toward
robust, industrially deployable platforms. To accomplish this, the following specific ob-
jectives were defined:

• Objective 1: Examine the challenges and potential solutions in designing low-noise
potentiostat circuits for wearable and portable electrochemical sensors. The focus
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is on developing compact, low-power, and low-noise architectures capable of provid-
ing high resolution and reliable measurements for continuous real-time monitoring
applications.

• Objective 2: Explore the challenges and opportunities of implementing the bio-Z
spectroscopy electronic interfaces for wearable and portable devices. In particular,
the objective is to explore, propose, and implement highly accurate, high resolution,
and power-efficient architectures and required circuits.

• Objective 3: Investigate the design challenges and opportunities in developing
electrical stimulation systems for wearable and portable biomedical applications.
The goal is to propose and implement stimulation architectures and control circuits
that ensure safe, accurate, and energy-efficient operation, while supporting advanced
functionalities such as current-controlled delivery for applications like reverse ion-
tophoresis.

1.3 Research Contribution

The contributions addressing the research objectives are listed as follows:

• Contribution 1 [Paper IV]: This work presents the design and implementation of
a compact, low-noise, and low-power potentiostat for portable electrochemical sens-
ing applications. The proposed mixed-signal interface enables accurate current and
voltage measurements over a wide dynamic range, while minimizing power consump-
tion and circuit complexity. The architecture integrates programmable gain control
and optimized transimpedance amplification to achieve high sensitivity and stability
in the presence of electrode and biofluid variability. Emphasis is placed on noise
optimization, leakage reduction, and fault protection to ensure reliable operation
in wearable and point-of-care environments. Experimental validation demonstrates
excellent agreement with commercial benchtop instruments, confirming the poten-
tiostat’s capability for accurate and energy-efficient electrochemical characterization
in resource-constrained and continuous monitoring scenarios.

• Contribution 2 [Paper V, VII, IX ]: This work presents three optimized ap-
proaches to enhance the performance, accuracy, and usability of bioimpedance spec-
troscopy (BIS) systems. First, a dynamic direct sampling method was developed
and implemented on a low-cost microcontroller platform, improving phase accuracy
and reducing signal distortion compared to conventional architectures. Second, a
polar demodulator interface based on the AD8302 was designed, providing higher
precision in both phase detection and amplitude measurement, while maintaining a
compact form factor suitable for portable biomedical analyzers. Third, an advanced
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polar-demodulator-based electronic interface was proposed to enhance phase resolu-
tion and minimize dead-zone artifacts, which are common limitations in traditional
polar architectures. All approaches were validated through simulations and exper-
imental measurements, demonstrating consistent improvements in accuracy, stabil-
ity, and scalability, and providing a solid foundation for low-cost, high-precision BIS
platforms suitable for wearable and point-of-care biomedical applications.

• Contribution 3 [Paper II, VIII]: This work presents a mixed-signal electronic in-
terface designed to enhance the versatility and efficiency of electrical stimulation for
non-invasive transdermal monitoring. The proposed system integrates adaptive con-
trol and stimulation modules to optimize signal delivery and improve measurement
accuracy. A particular focus is placed on overcoming response lag in intradermal
electro-osmotic flow systems used for glucose monitoring. Through innovative elec-
tronic and electrochemical design strategies, the system enables real-time, delay-free
continuous glucose sensing. The proposed architecture supports current-controlled
stimulation, ensuring safe operation and high resolution delivery of iontophoretic
currents. This contribution demonstrates the potential of the developed interface
to enable future wearable and continuous health-monitoring platforms.

The presented research advances the design and validation of electrochemical, bioimpedance-
based measurement and stimulation systems through integrated modeling, simulation, and
experimental approaches. The developed methodologies and electronic interfaces enhance
measurement accuracy, system efficiency, and applicability to portable and point-of-care
devices. Experimental validations confirm the feasibility of the proposed solutions, reach-
ing an estimated Technology Readiness Level (TRL) of 4, and establishing a solid foun-
dation for future translation into real-world biomedical applications.
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Chapter 2

Empowering Electrochemistry: The
Design of a Portable Potentiostat

2.1 Electrochemistry Fundamentals

Electrochemical cells are defined most generally as two electrodes separated by at least one
electrolyte phase. In the electrochemical experiments, many factors affect the transport
of the charge across the interface between the chemical phases, like an electric conductor
(electrode) and an ionic conductor solution (electrolyte). At the electrode/electrolyte in-
terface, the applied potential will generate a current flow: the movement of both electrons
and holes transports the charge. Since the reference electrode has a fixed potential, any
changes in the cell are ascribable to the working electrode. So the potential of the working
electrode is controlled with respect to the potential of the reference electrode, and through
its potential is possible to control the energy of the electrons. Driving the potential of
the electrode to a more negative value, the energy of the electrons is raised: if the energy
level is high enough the electrons can transfer into vacant electronic states on species in
the electrolyte. In that case, a flow of electrons from electrode to solution (a reduction
current) occurs (Figure 2.1(a)). Similarly, imposing a more positive potential the energy
of the electrons can be lowered: at some point electrons on solutes in the electrolyte will
find a lower energy state on the electrode and will transfer there. Their flow, from solu-
tion to electrode, is an oxidation current (Figure 2.1(b)). The critical potentials at which
these processes occur are related to the standard potentials, Eo, for the specific chemical
substances in the system.

In a typical electrochemical experiment, the working and the reference electrodes are
immersed in the solution and the potential difference between the two electrodes is var-
ied by an external power supply. The variation of the potential, E, can produce redox
reactions and thus a current, because electrons cross the electrode/solution interface.

The number of electrons that cross the interface is related to the extent of the chem-
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Figure 2.1: Representation of reduction (a) and oxidation (b) process of a species.

ical reaction: the current is related to the amounts of reactants consumed and products
generated.

Faraday’s law gives the relationship between the charge passed and the amount of
product generated:

m =
QM

F z
(2.1)

where:

• m is the mass of generated substance at an electrode [g],

• Q is the total electric charge passed through the solution [C],

• F = 96485 C mol−1 is the Faraday constant,

• M is the molar mass of the substance [g/mol],

• z is the valency number of the ions of the substance (number of electrons transferred
per ion).

Thus, 96 485.4 C causes 1 equivalent of reaction (e.g., consumption of 1 mole of reactant
or production of 1 mole of product in a one-electron reaction).

The current I is the rate of flow of charge (coulombs or electrons), where:

I =
dQ

dt
(2.2)

and a current of 1 A corresponds to 1 C/s.
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Usually, it is useful to plot the current (I) as a function of the potential (E): these
curves can be quite informative about the solution, the electrodes, and the reactions
taking place at the solution/electrode interface.

Two types of phenomena can occur at the electrodes:

• Faradaic processes : Charge is transferred across the electrode-solution interface.
Charge transfer causes oxidation or reduction processes governed by Faraday’s law:
the amount of chemical reaction caused by the flow of current is proportional to the
amount of electricity passed.

• Non-faradaic processes : Under some conditions, applying a range of potentials
to a specific electrode-solution interface, no charge-transfer reactions may occur
because they are thermodynamically or kinetically unfavourable. However, other
processes such as adsorption and desorption can occur, changing the structure of
the electrode-solution interface, and thus the potential or the solution composition.
Although charges do not cross the interface, currents can flow when the potential,
electrode area, or solution composition change.

Both faradaic and non-faradaic processes occur when electrode reactions take place.
The faradaic processes are usually of primary interest, but the effects of the non-faradaic
processes must be taken into account when using electrochemical data to obtain informa-
tion about the charge transfer and associated reactions.

2.1.1 Non-faradaic Processes and the Ideal Polarized Electrode

The ideal polarized electrode (IPE) is an electrode at which no charge transfer across
the electrode-solution interface can take place, regardless of the potential applied by an
external voltage source (in real cases, only within a limited potential range).

Since charge cannot cross the IPE interface when the potential across it is changed,
the behaviour of the electrode-solution interface is analogous to that of a capacitor and
is governed by the equation:

q

E
= C (2.3)

Where q is the charge stored in the capacitor [C, coulombs], E is the potential applied
on the two metal plates of the capacitor [V, volts] and C is the capacitance [F, farads].
When a potential is applied across the capacitor, a charging current will flow and charges
will accumulate on its metal plates until:

q = C · E (2.4)
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Figure 2.2: Charging a capacitor with a battery.

For example, if a potential difference of 2 V is applied across a 10 µF capacitor,
current will flow until 20 µC has accumulated on the capacitor plates. The magnitude of
the current depends on the resistance of the circuit.

The electrode-solution interface can be modeled as a capacitor, where one metal plate
is the electrode and the other plate is the solution near the electrode: at a given potential,
the metal electrode will accumulate a charge qM and the solution will show a charge qs,
with:

qM = −qs (2.5)

The charge on the metal, qM , represents an excess or deficiency of electrons and resides
in a very thin layer (< 0.1 Å) on the metal surface. The charge in solution, qs, is made
up of an excess of either cations or anions in the vicinity of the electrode surface.

All the charged species and oriented dipoles existing at the electrode-solution inter-
face are called the electrical double layer. At a given potential, the electrode-solution
interface is characterized by a double-layer capacitance, Cd, typically in the range of 10
to 40 µF/cm2.

However, unlike real capacitors, whose capacitances are independent of the voltage
across them, Cd is often a function of potential.

The solution-side plate of the capacitor is made up of several layers. The layer closest
to the electrode contains solvent molecules and other species (ions or molecules) that are
specifically adsorbed on the electrode surface. This inner layer is also called the compact,
Helmholtz, or Stern layer.

The electrical center of the Helmholtz layer ions is located on the inner Helmholtz
plane (IHP), at a distance x1 from the electrode-solution interface plane. The total charge
density from specifically adsorbed ions in this inner layer is:

σi (µC/cm2) (2.6)

The solvated ions can approach the electrode surface only to a distance x2. The
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Figure 2.3: Electrical double layer.

electrical center of these ions is called the outer Helmholtz plane (OHP).
So interactions between solvated ions and the charged electrode involve only long-

range electrostatic forces and are independent of the chemical properties of the ions that
are non-specifically adsorbed.

The non-specifically adsorbed ions are distributed in a large region called the diffuse
layer, which extends from the OHP to the bulk of the solution. The charge density in
the diffuse layer is σd, and the total charge density of the solution side of the electrical
double-layer is:

σs = σi + σd = −σM (2.7)

The thickness of the diffuse layer depends on the total ionic concentration in the
solution.

The profile of the potential across the double-layer region is shown in the following
figure (not included here).

The double-layer phenomenon can affect the rates of the reactions that take place on
the electrode: if an electro-active species, not specifically adsorbed, is present, it will be
able to approach the electrode only to the OHP and it will interact with a potential that
is lower than the potential at the electrode-solution interface, because of the potential
drop across the diffuse layer.

Under some conditions, when very low concentrations of electro-active species are
present in the solution, the charging non-faradaic current can be much larger than the
faradaic current produced by the redox reactions. So it is important to understand the
behaviour of the charging current for some electrochemical experiments.

Consider a cell consisting of an IPE and an ideal reversible electrode. We can approx-
imate such a system with an electrical circuit with:
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Figure 2.4: Potential profile across the double-layer region.

• a resistor Rs, representing the solution resistance,

• a capacitor Cd, representing the double layer at the electrode-solution interface.

Figure 2.5: Electrical equivalent of an IPE electrode

The capacitance Cd is usually a function of the applied potential, so the model is
accurate only if the potential does not change too much. It is possible to obtain use-
ful information about the system by applying a perturbation and observing the system
behaviour.

2.1.2 Potential Step Experiment

If we apply a potential step to the IPE, the system will show the typical behaviour of a
RC circuit.

The total applied potential E can be expressed as the sum of two contributions:

E = ER + EC = iRS +
q

Cd

(2.8)

where:

• ER is the potential drop across the resistor RS,
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Figure 2.6: Potential step experiment.

• EC is the potential drop across the capacitor Cd.

i =
dq

dt
=

−q

RSCD

+
E

RS

(2.9)

assuming that initially the capacitor is fully uncharged (q = 0 at t = 0), the charge
accumulated on the capacitor as a function of time is given by:

q(t) = E Cd

[
1− e

− t
RSCd

]
(2.10)

i(t) =
E

RS

e
− t

RSCd (2.11)

Figure 2.7: Current response for a potential step.

2.1.3 Potential Ramp

A voltage ramp or linear potential sweep is a potential that increases linearly with time
starting from an initial value (here assumed to be zero) at a sweep rate v (in Vs−1):

E = vt (2.12)
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If such a ramp voltage is applied to the RC circuit, the following equation still applies:

E = ER + EC = iRS +
q

Cd

(2.13)

vt = RS
dq

dt
+

q

Cd

(2.14)

Assuming q = 0 at t = 0, the current i(t) can be expressed as:

i(t) = vCd

[
1− e

− t
RsCd

]
(2.15)

If a triangular wave is applied, the following results is obtained as shown in Fig. 2.8
b).

Figure 2.8: a) Current response for a potential step. b) Current response for a cyclic linear
potential sweep input.

2.1.4 Faraidic Processes

Electrochemical cells producing faradaic currents are classified as galvanic (Fig. 2.9 a))
or electrolytic cells (Fig. 2.9 b)):

• Galvanic cell: reactions occur spontaneously at the electrodes when a conductor
connects them. This kind of cell is used to convert chemical energy into electrical
energy.

• Electrolytic cell: reactions occur because of the application of an external voltage
greater than the open-circuit potential of the cell. These cells are used to carry out
specific chemical reactions by supplying external electrical energy.
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Figure 2.9: a) Galvanic cell b) Electrolytic cell

In discussing cells, the electrode at which reductions occur is called cathode, and the
electrode at which oxidations occur is called anode. A current in which electrons cross the
interface from the electrode to a species in solution is a cathodic current, while electron
flow from a solution species into the electrode is an anodic current. In an electrolytic cell,
the cathode is negative with respect to the anode; but in galvanic cell, the cathode is
positive with respect to the anode. The important parameters in an electrochemical cell
are shown in the following figure:

Figure 2.10: Important parameters in an electrochemical cell.

To investigate the electrochemical behaviour of a specific solution is possible to con-
sider the electrochemical cell as a black box and observe its response to a certain applied
perturbation (e.g potential step). It is necessary to hold certain variables of the electro-
chemical cell constant and observe how other variables vary (usually current, potential or
concentration) with changes in the input stimuli.
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It will useful to consider more closely the nature of the current and the potential in
an electrochemical cell. What is the current generated by a redox? The faraidic current
has a direct proportional relation with the electrolysis rate of the specie involved into the
reaction:

i(amperes) =
dQ

dt
(coulombs/s) (2.16)

Q

nF

coulombs

coulombs/mol
= N(molelectrolyzed) (2.17)

where n is the stoichiometric number of electrons consumed in the reaction:

Rate
mol

s
=

dN

dt
=

i

nF
(2.18)

This is the rate for a type of reactions called homogenous reaction because it occurs
everywhere in the electrochemical system at a uniform rate. But understand the reaction
rate on the electrode surface is more complex: the reactions that takes place on the
electrodes are called heterogeneous reactions because they occur only on the electrode
surface. Since the electrode reactions are heterogeneous their reaction rates are usually
expressed in units of mol/s per unit of area:

Rate
(

mol

s · cm2

)
=

I

nFA
=

j

nF
(2.19)

where j = I/A is the current density (A/cm2) and F ≈ 96485 C mol−1.
Information about an electrode reaction is often gained by determining current as

a function of potential (by obtaining i-E curves). If a cell has a defined equilibrium
potential that potential is an important reference point of the system. The departure
of the electrode potential (or cell potential) from the equilibrium value upon passage of
faradaic current is called polarization. The extent of polarization is measured by the over
potential, η:

η = E − Eeq (2.20)

Current-potential curves, particularly those obtained under steady-state conditions,
are sometimes called polarization curves.

Consider an overall electrode reaction:

O + ne− → R (2.21)

composed of a series of steps that cause the conversion of the dissolved oxidized species,
O, to a reduced form, R, also in solution.

In general, the current (or electrode reaction rate) is governed by the rates of processes
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such as:

1. Mass transfer (e.g., of O from the bulk solution to the electrode surface).

2. Electron transfer at the electrode surface.

3. Chemical reactions preceding or following the electron transfer. These might be
homogeneous processes or heterogeneous ones on the electrode surface.

4. Other surface reactions, such as adsorption, desorption, or crystallization (electrode-
position).

The simplest reactions involve only mass transfer of a reactant to the electrode, hetero-
geneous electron transfer involving non-adsorbed species, and mass transfer of the product
to the bulk solution.

When a steady-state current is obtained, the rates of all reaction steps in a series are
the same. The magnitude of this current is often limited by the inherent sluggishness of
one or more reactions called rate-determining steps.

The more facile reactions are held back from their maximum rates by the slowness
with which a rate-determining step disposes of their products or creates their reactants.

Figure 2.11: Current vs potential curve for a nernstian reaction involving two soluble species
with only oxidant present initially.

So if we understand i, we must be able to describe the rate of the reaction,v, at the
electrode surface.

Rate
(

mol
s · cm2

)
=

i

nFA
=

j

nF
(2.22)

The simplest electrode reactions are those in which the rates of all associated chemical
reactions are very fast compared to those of the mass-transfer processes. The surface
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concentrations on the electrode of the species involved in the charge-transfer process will
be related to the electrode potential by an equation on Nerst form.

E = E0′ +
RT

nF
ln
CO

CR

(2.23)

where :

• E is the half-cell reduction potential at the temperature of interest.

• E0 is the standard half-cell reduction potential.

• R is the universal gas constant = 8.314472 J K−1 mol−1.

• T is the temperature in Kelvin.

• n is the number of moles of electrons transferred in the cell reaction or half-reaction.

• F is the Faraday constant, the number of coulombs per mole of electrons = 9.64853399×
104 C mol−1.

• CO is the concentration of the species O.

• CR is the concentration of the species R.

The meaning of the Nerst’s equation is that with an increased potential the ratio C0
O

C0
R

will increase and on the contrary with a reduced potential the ration will decrease.
The net rate of the electrode reaction, vr, is governed only by the rate at which the

electroactive species reach the surface by mass transfer, vmt.

vr = vmt =
i

nFA
(2.24)

Such electrode reactions are often called reversible or nernstian, because the principal
species obey thermodynamic relationships at the electrode surface.

The modes of mass transfer are:

1. Migration: movement of a charged body under the influence of an electric field (a
gradient of electrical potential).

2. Diffusion: movement of a species under the influence of a gradient of chemical
potential (a concentration gradient).

3. Convection: stirring or hydrodynamic transport. Generally fluid flow occurs because
of natural convection (caused by density gradients) and forced convection, and may
be characterized by stagnant regions, laminar flow, and turbulent flow.
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Usually, voltammetry techniques are applied to reversible processes that present only
diffusive phenomena, and therefore it is possible to study the reaction through Fick’s law.

Consider the reduction of a species O at a cathode:

O + ne− −→ R (2.25)

Once electrolysis of species O begins, its concentration at the electrode surface, CO(x =

0), becomes smaller than the bulk concentration CO∗ (far from the electrode).
We assume here that stirring is ineffective at the electrode surface, so the solution

velocity term need not be considered at x = 0. This simplified treatment is based on
the idea that a stagnant layer of thickness δO exists at the electrode surface (the Nernst
diffusion layer), with stirring maintaining the concentration of O at CO∗ beyond x = δO.

Since we also assume that there is an excess of supporting electrolyte, migration is
not important, and the rate of mass transfer is proportional only to the concentration
gradient at the electrode surface.

vmt(
dCO

dx
)x=0 = DO(

dCO

dx
)x=0 (2.26)

Assuming a linear concentration gradient withing the diffusion layer close to the elec-
trode surface:

vmt = DO(
[C∗

O − CO](x=0)

δO
) (2.27)

or:

vmt = mO[C
∗
O − CO](x=0) (2.28)

where mO is the mass-transfer coefficient (cm/s).

i

nFA
= mO[C

∗
O − CO](x=0) (2.29)

i

nFA
= mR[CR − C∗

R] (2.30)

The values of CO(x = 0) and CR(x = 0) are functions of the electrode potential, E.
The largest rate of mass transfer of O occurs when CO(x = 0) « C∗

O. The value of the
current under these conditions is called limiting current.

il = nFAmOC
∗
O (2.31)

and
CO(x = 0) =

il − i

nFAmO

(2.32)
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When the limiting current flows, the electrode process is occurring at the maximum
rate possible because O is being reduced as fast as it reaches the electrode surface. If R
is initially absent, C∗

R = 0 and CR = 0 is:

CR(x = 0) =
i

nFAmR

(2.33)

E = E0′ − RT

nF
ln
mO

mR

+
RT

nF
ln
il − i

i
(2.34)

when i = il
2
:

E = E1/2 = EO′ − RT

nF
ln
mO

mR

→ E = E1/2 +
RT

nF
ln
il − i

i
(2.35)

where E1/2 is indipendent of the reactant concentrations and is characteristic of the
O/R system.

2.1.5 Electrodes

All electrochemical cells require at least two electrode, since the potential of a given
electrode can only be measured relatively to another reference electrode, which should
have a constant potential. Otherwise in voltammetric analysis, it is necessary to apply a
potential E to an electrode and simultaneously monitor the resulting current flowing in
the cell. Using a two electrodes system it would not be possibile due both the potential
drop caused by the resistance of the solution and the polarization of the counter electrode,
necessary for the measurement of the current [14]. A better control of the potential is
achieved using a three-electrode system using a potentiostat to monitor the potential of
the working electrode (WE) than the reference electrode (RE) while the current flows
across the WE and counter electrode (CE).

Working Electrode - WE

The working electrode works as a source or a drain of electrons to allow an optimal elec-
trons transfer with the surrounding solution. It has to be made of a conductive material
that is electrochemically inert in the potential range of the electrochemical experiment.
The most used materials for the WE are platinum, gold, glassy-carbon, mercury, pyrolytic
graphite and other metal and semiconductor materials [15]. A regular and well-defined
shape of the WE allows a good control of the surface area exposed to the analyte: this is
very important for the quantitative interpretation of the results of the CV experiments.
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Reference Electrode - RE

The reference electrode should primarily be able to mantain a known constant potential
during the measurement. If an electrode doesn’t vary its potential [16], because of a cur-
rent, is called non-polarizable ideal electrode: the impedance of an ideal electrode should
be null. Usually the passage of a current through an electrode can degrade the potential
[16] and so a real non-polarizable electrode is used: this kind of reference electrode has
high input impedance so that a negligible current flows through it. The reference elec-
trode is mostly realized [17] with a Saturated Calomel Electrode (SCE), Hg/Hg2Cl2, or
with silver/silver chloride electrode, Ag/AgCl. The SCE electrode is a reference electrode
based on the reaction between elemental mercury and mercury chloride (calomel). The
aqueous phase in contact with the mercury and Hg2Cl2 is a saturated solution of potas-
sium chloride in water. For years this has been the most widely used reference electrode.
The silver/silver-chloride electrode is made of a silver wire, coated with silver chloride im-
mersed in a solution containing chloride ions, such as KCl. The two reference electrodes
have a similar behaviour, since they involve a redox reaction between a poorly soluble
chloride and the metal element in a chloride aqueous solution. Another type of tradition-
ally used reference electrode [18] for cyclic voltammetry applications is the Hg/Hg2SO4,
made of mercury, mercury sulphate and a saturated solution of potassium sulphate: this
electrode is designed for certain applications where it is preferable not to use chloride
ions.

Counter Electrode - CE

The counter electrode, or auxiliary electrode, can be made of any material with high con-
ductivity and with an inert behaviour in the experiment conditions: the counter electrode
is usually a platinum wire or a graphite rod with an adequate surface area. During the
voltammetric measurement, on the surface of the CE occurs a redox reaction to balance
the reaction that occurs on the WE: the products of this reaction can diffuse towards the
working electrode and interfere with it. However in cyclic voltammetry experiments the
time-scale is short enough to not allow significant interference.
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2.2 Integrated electronics for electrochemical sensing

The implemented system is based on an electrochemical analytical technique called cyclic
voltammetry. Voltammetry is an electrochemical technique used to study a compound, a
biological material, or an electrode surface properties. In voltammetry we apply a time-
dependent potential to an electrochemical cell and measure the resulting current as a
function of that potential. The electrochemical cell used in voltammetry, in most cases,
made of three electrodes, respectively called working, reference and counter electrode.
A time-dependent potential excitation signal is applied between the working electrode
and the reference electrode and the current that flows between the working and counter
electrode is measured. Current peaks, observed at specific applied voltages, are due to
specific redox reactions running on the working electrode surface. Cyclic voltammetry
(CV) consists of cycling the potential of the working electrode: the excitation signal for
CV is a linear potential scan with a triangular waveform with bipolar range.

Figure 2.12: Typical voltammogram curve for a reversible redox reaction.

The voltammogram is a display of the current (vertical axis) versus potential (hori-
zontal axis) because the potential varies linearly with time, the horizontal axis can also
be thought as a time axis, as shown in Fig 2.12. This is helpful in understanding the
fundamentals of the technique. Cyclic voltammetry is perhaps the most versatile electro-
analytical technique for the study of electro-active species. This technique is often the
first experiment performed in an electrochemical study to assess the redox behaviour, re-
versibility of electron transfer, and the kinetics of electrochemical reactions of the species
under investigation. By analyzing the shape, position, and peak currents of the voltam-
mogram, important information can be obtained regarding oxidation and reduction poten-
tials, diffusion coefficients, and reaction mechanisms. Moreover, cyclic voltammetry allows
for the identification of intermediate species, evaluation of electrode surface processes, and
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comparison of experimental data with theoretical models, making it a fundamental tool
in both analytical and mechanistic electrochemistry.

2.2.1 Potentiostat Circuit Design

As discussed before, a potentiostat requires three electrodes: the Working Electrode
(WE), where the electrochemical process of interest takes place; the Reference Electrode
(RE), which sets and controls the potential of the system; and the Counter Electrode
(CE), which completes the circuit and carries the current from the WE. Different config-
urations can be obtained depending on which electrode is connected to ground.

Figure 2.13: The three basic configurations for potentiostatic electrode polarization: a) Grounded
WE; b) Grounded RE; c) Grounded CE

Grounded Counter Electrode

The interface is correctly described in Fig. 2.14, where the desired potential is applied
between WE and RE, and the current flows between WE and CE. The RE must be biased
in a way that prevents current flow to ensure accurate knowledge of the interface potential.
This is achieved by using a voltage follower, as shown in Fig. 2.14. A current amplifier
ensures sufficient gain to reliably measure the redox current. Both the voltage follower
and current amplifier are implemented with operational amplifiers.

The configuration in Fig. 2.14 has two main advantages: the high input impedance
of the voltage follower prevents any current through the RE, and the transimpedance
amplifier measures the current of the WE. The redox current is converted to voltage as:

Vout = R1IW (2.36)

This setup uses two amplifiers and leaves the CE grounded. While it benefits from
typical OpAmp advantages (very low input current, high input impedance, high gain, low
offset voltage), the drawback is the large number of components, which can introduce
mismatch and temperature-dependent variations.

23



Figure 2.14: Grounded CE configurations with operational amplifiers

Grounded Working Electrode

To reduce component count, the ground can be shifted from the CE to the WE, creating
the grounded WE configuration (Fig. 2.15). A control amplifier with very high input
resistance and zero input current drives the RE, while a transimpedance amplifier converts
the current through the WE:

Vout = −RfIW (2.37)

Although the WE is not physically grounded, it operates at virtual ground due to the
negative feedback of the amplifier. This reduces the number of components but introduces
a potential risk of saturation in the feedback loop.

Figure 2.15: Grounded WE configurations with operational amplifiers

The voltage drops across the CE and RE can be written as:

VRC = (RCE +RSC)IW , VR = V + = V − = VR (2.38)

Applying Kirchhoff’s Voltage Law to the loop of the control amplifier:

Vout,CA = Vin + (RCE +RSC)IW (2.39)
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The amplifier may saturate if the output voltage exceeds the supply:

Vin + (RCE +RSC)IW > V (2.40)

Grounded Reference Electrode

Finally, a grounded RE configuration can be attempted (Fig. 2.16), but it is not effective.
To ground the RE, the current in the CE must be zero. Consequently, the current from
the WE flows through the RE to ground. The CE then behaves like the RE, and the RE
behaves like the CE, so the system collapses back into the grounded CE configuration.
Thus, a grounded RE configuration does not provide correct operation.

Figure 2.16: Grounded RE configurations with operational amplifiers

2.2.2 System design and realization

The developed device, as reported in [Paper IV] is a potentiostat configured with a
grounded working electrode, specifically designed for performing electrochemical analyses
based on the cyclic voltammetry (CV) technique. Cyclic voltammetry is a potentiody-
namic electrochemical method that applies a time-varying potential to the working elec-
trode while measuring the resulting current response. This technique provides detailed
insight into the redox behaviour, kinetics, and electrochemical properties of analytes at
the electrode–electrolyte interface [19]. A standard CV experiment employs an electro-
chemical cell three electrodes:

• Working electrode (WE)

• Reference electrode (RE)

• Counter electrode (CE)
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All the voltammetric techniques implies the application of an electrical potential on
one couple of electrodes (WE/RE) and the measurement of the produced current flowing
between another couple of electrode (WE/CE). Current peaks, measured in respect of spe-
cific potential values of the input signal, are caused by oxidation or reduction phenomena
occurring on the surface of the working electrode. Usually current at the working electrode
is plotted versus applied voltage to obtain the cyclic voltammogram trace. Oxidation and
reduction reactions are complementary chemical processes in which the oxidation states
of atoms change. Redox reactions cause both reduction process, in which one reactant
acquire electrons, and a complementary oxidation process, in which one reactant lose
electrons:

• Oxidation is the loss of electrons or an increase in oxidation state by a molecule,
atom, or ion.

• Reduction is the gain of electrons or a decrease in oxidation state by a molecule,
atom, or ion.

Figure 2.17: a) Functional block representation of the implemented circuit. b) Picture of physical
device.

The device includes a microcontroller ATSAMD21G18 ARM Cortex M0 Processor
(Adafruit Industries, New York City, NY, USA), clocked at 48 MHz and operating at 3.3
V logic. This kind of interface provides Bluetooth low-energy connectivity for real-time
wireless communication. The presence of a 3.7 V 500 mAh battery pack and a 100 mA
LiPo battery charger makes the device fully portable and ready to be used in the field.
The developed electronic interface is based on a low-noise circuit topology, ensuring high
stability and measurement repeatability for the analyzed samples. The device operates
with a 3.3 V supply voltage, stabilized by an internal regulator. A dedicated 1.6 V voltage
regulator provides the reference potential, allowing the system to handle signals within the
±1.6 V range. The signal generation stage is implemented with the Microchip MCP4725,
a 12-bit resolution digital-to-analog converter (DAC). The DAC offers a minimum output
step of 805 µV, communicates via the I2C protocol, and features a slew rate of 0.55 V/µs,
making it well-suited for precise waveform generation in electrochemical applications. The
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Analog-Front End interface generates an input signal for the electrochemical cell. The
input signal for the electrochemical cell is applied through a control amplifier (CA) to
the reference electrode (RE). This configuration limits the current supplied by the signal
generator and automatically controls the current supplied by the operational amplifier
through the counter electrode (CE). This electronic control ensures stability of the signal,
thus enhancing the reproducibility of the sensor response.

Figure 2.18: Schematic representation of the implemented circuit : a) Signal generator and
Control Amplifier (CA); b) Transimpedance amplifier (TIA); c) Sallen-Key Low Pass Filter.

The electrochemical signal generated by oxidation/reduction processes at the work-
ing electrode is converted into a measurable voltage through a transimpedance amplifier
(TIA). This stage performs the current-to-voltage (I–V) conversion, ensuring that the
low-level currents produced by the electrochemical cell can be accurately processed. The
TIA is equipped with a digitally programmable feedback resistor (AD5243), which allows
dynamic adjustment of the transimpedance gain. This design increases the detectable
current range and optimizes the measurement sensitivity depending on the experimental
conditions. With this approach, the system achieves a theoretical minimum detectable
current of 500 nA, significantly enhancing resolution and adaptability.

Following the I–V conversion, the signal is conditioned by an active Sallen–Key low-
pass filter configured as a voltage-controlled voltage source (VCVS). The filter exhibits a
flat 0 dB gain in the passband and a two-pole roll-off of −40 dB/decade beyond the cutoff
frequency. The topology consists of two cascaded RC networks (R4–C2 and R5–C3), with
capacitor C2 providing feedback to shape the cutoff response. This configuration ensures
both noise suppression and stability of the acquisition chain.

After filtering, the signals—both filtered and unfiltered, together with the buffered
input—are routed to a 16-bit analog-to-digital converter (ADC). The acquisition stage
is implemented using the Texas Instruments ADS1115, which offers programmable gain,
low-noise performance, and high input impedance. With a resolution of 16 bits and
a voltage acquisition step of 50 µV, the ADS1115 enables accurate digitization of the
electrochemical signal, ensuring high fidelity for subsequent data processing and analysis.
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Noise Considerations

It is important to consider the noise generated by the implemented electronic interface.
To this regard, it is advisable to evaluate the signal-to-noise ratio (SNR), which represents
the ratio between the power of the desired signal and the power of the noise present in
the circuit. The noise evaluation was performed using LTSpice (Analog Devices, Inc.,
Wilmington, MA, USA). The maximum and minimum noise obtained by varying the
feedback resistance of the TIA has been calculated. In both configurations, where R3 is
equal to 100 Ω or in the configuration with maximum gain where R3 is 100 kΩ, the noise
current is 91 pA. The reason is that the main contribution is attributed to the operational
amplifier (OP484). The use of high-performance components designed for noise reduction,
along with an optimized configuration of the electronic interface, results in a noise current
of 91 pA, which is considerably lower than the minimum detectable current of 500 nA by
the ADC. The magnitude of the VRMS noise generated by the device is 1.51 µV.

Firmware and Software

The control code developed for the device is designed to apply various electrochemi-
cal analysis techniques, such as Cyclic Voltammetry (CV), Square Wave Voltammetry
(SWV), and Chronoamperometry (CA). The acquired data can be sent via USB or BLE
to the paired device and displayed through a cloud-based user interface. The interface
not only includes the measurement history but also allows for analysis and local saving
of the data. The whole device is compact (53 × 21 mm), allowing its implementation in
the field.

Device validation

To verify the accuracy and reliability of the developed portable potentiostat, cyclic voltam-
metry (CV) measurements were performed using potassium ferricyanide (K3[Fe(CN)6])
[19] as a model analyte. This redox couple is widely used in electrochemical character-
ization due to its well-defined, reversible behavior, high solubility in aqueous solutions,
and stable electrochemical response, making it an ideal benchmark for evaluating both
sensitivity and linearity of newly developed instrumentation. Three concentrations (1,
2, and 3 mM in dH2O) were tested in a standard three-electrode setup consisting of a
Metrohm 250BT gold working electrode (4 mm diameter), a platinum counter electrode,
and a Ag/AgCl reference electrode. CV measurements were conducted in the potential
window of [-1,+1] at a scan rate of 50 mV/s, and each experiment was repeated three
times to assess reproducibility as shown in Fig. 2.19 a).

The voltammograms obtained with the developed potentiostat showed the expected
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reversible ferricyanide/ferrocyanide peaks:

[Fe(CN)6]
3− + e− ⇋ [Fe(CN)6]

4− (2.41)

with anodic peak currents increasing proportionally with concentration. The measured
peak currents were idevpa = {12.22, 24.37, 36.52} µA, in good agreement with the PalmSens
4 potentiostat (iPSpa = {12.02, 24.07, 36.98} µA, relative error < 1.8%), as reported in
the table in Fig. 2.19 b). This confirms that the portable device accurately captures
concentration-dependent changes in redox current, demonstrating both sensitivity and
reproducibility comparable to a laboratory-grade instrument.

The electro-active area of the working electrode was estimated using the Randles–
Ševčík equation [20]:

ip = 2.69× 105 n3/2AD1/2C v1/2 (2.42)

with n = 1, D = 7.6 × 10−6 cm2/s, v = 50m V/s, and C in mol/cm3. Inverting this
equation with the experimental peak currents yielded an effective electro-active area of
Aeff ≈ 0.0735 cm2. The proportion of the electrode surface that is electro-active can be
expressed as Areal = Aeff/Ageom ≈ 0.584, where Ageom = 0.126 cm2 is the nominal geomet-
ric area. This value is consistent with expectations for standard commercial electrodes
and reflects realistic factors such as partial wetting, surface roughness, and finite diffusion
layers.

Overall, the validation demonstrates that the developed portable potentiostat provides
reliable, reproducible, and quantitative measurements of a reversible redox system, with
performance closely matching that of a commercial benchtop instrument, while maintain-
ing the advantages of portability and field-deployability. Moreover, the device exhibits a
high Technology Readiness Level (TRL), highlighting its robustness and maturity, and its
characteristics make it highly suitable for integration into industrial processes and on-site
analytical applications.

2.3 Summary and Future Perspectives

This chapter provides an overview of the principles and applications of electrochemistry
and circuit architecture for electrochemical sensing readout. The importance of optimiz-
ing parameters for electrochemical analysis, reducing system complexity and cost, and
enhanced scalability and flexibility in portable electrochemical systems is emphasized.
For this reason, circuit architecture with advantages and disadvantages are discussed
and thoroughly evaluated for implementing a miniaturized system to achieve a compact
and stable electrochemical device for real-time analysis. The future outlook for portable
electrochemical sensing systems appears highly promising. Advances in electrochemistry,
circuit design, and miniaturization are expected to further enhance the capabilities of
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Figure 2.19: a) Overlay of cyclic voltammograms measured with the developed potentiostat and
the PalmSens 4 potentiostat for 1, 2, and 3 mM potassium ferricyanide. b) Comparison of anodic
peak currents (ipa) measured with the developed device and the PalmSens 4 potentiostat.

these devices. Next-generation electrochemical readout systems will feature optimized
circuit architectures that balance performance, stability, and scalability while maintain-
ing a compact size. Such systems will enable real-time monitoring and long-term analysis,
expanding their application to fields such as healthcare, environmental monitoring, and
biochemical research. Additionally, ongoing efforts to reduce system complexity, lower
cost, and improve flexibility in design and parameter optimization will continue to drive
innovation in portable electrochemical devices, opening new opportunities for accurate
and reliable real-time sensing across diverse applications.
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Chapter 3

Bio-impedance Spectroscopy: An
Overview

Over the past century, the study of bioimpedance spectroscopy (bio-Z) has provided fun-
damental insights into the electrical properties and physiological behavior of biological
tissues. In essence, bio-Z relies on the application of Ohm’s law to living systems: a
known current or voltage stimulus is applied to the tissue at a specific frequency, and
the corresponding voltage or current response is measured. To ensure that the measure-
ment remains non-invasive and does not compromise cellular integrity, the amplitude of
the excitation signal must be sufficiently low to avoid membrane disruption, thereby al-
lowing the study of the intrinsic ability of cells to store and dissipate electrical energy.
The frequency range employed in bio-Z measurements depends on the specific electrical
phenomena of interest within the biological system under investigation.

Early investigations, dating back to the mid-twentieth century, explored bio-Z at single
and multiple frequencies (bio-Z spectroscopy) to characterize the frequency-dependent re-
sponse of different tissues, to relate the measured impedance to body water and electrolyte
content, and to examine various physiological variables such as thyroid activity, basal
metabolic rate, estrogenic function, and blood perfusion in human and animal models
[21, 22]. In the early 1990s, exploratory studies focused on estimating body composition
from bio-Z measurements using commercially available instruments. These pioneering
works laid the foundation for modern bio-Z-based diagnostic and monitoring techniques
currently employed in clinical practice. Notable examples include impedance cardiography
(ICG)—also referred to as impedance plethysmography (IPG) or transthoracic electrical
bioimpedance (TEB)—, transcranial bioimpedance (TCB), bioimpedance analysis (BIA),
electrical impedance tomography (EIT), and, more recently, electrical impedance myog-
raphy (EIM) [21].

These techniques have been successfully applied in the assessment of cardiac and
pulmonary function [23, 24], the monitoring of intracranial pressure following brain injury
[25, 26], whole-body and segmental composition analysis [27], the imaging of internal

31



structures [28, 29], and the evaluation of muscle health [30]. Moreover, bio-Z spectroscopy
has found additional applications in the assessment of skin hydration [31, 32], cancer
diagnosis [33], detection of tissue ischemia [34, 35, 36], monitoring of wound healing and
edema [37, 38], and catheter-based intraoperative monitoring [39, 40, 41, 42].

Beyond the clinical domain, bio-Z spectroscopy has been extensively utilized in life
sciences and laboratory diagnostics for the measurement, analysis, and imaging of indi-
vidual cells, cell cultures, and suspensions [43]. Furthermore, it has been adopted in the
food industry for the evaluation of product quality [44]. The aforementioned examples
represent only a subset of the numerous applications currently reported in the scientific
literature.

In recent years, there has been a marked increase in the availability of commercial
instruments and systems integrating bio-Z spectroscopy, driven by the versatility, sim-
plicity, and broad applicability of the technique. From an instrumentation perspective,
bio-Z measurement requires specialized electronic circuitry capable of delivering the ex-
citation signal and accurately capturing the tissue response through electrodes. These
systems must ensure that the applied and acquired signals are free from external distur-
bances and maintain reliable performance across a wide range of bioimpedance values.
Additionally, factors such as electrode configuration, inter-electrode distance, and elec-
trode material significantly influence the measured bioimpedance and must therefore be
carefully optimized for each specific application. The following sections discuss these
aspects in greater detail.

3.0.1 Electrical Properties of Biological Tissue

In its most simple interpretation, the measured bioimpedance Zbio is the ratio between the
voltage and current across the tissues under test. Assuming a sinusoidal current signal for
interrogation Is, and thus a voltage response from tissues Vin, the complex Zbio in phasor
representation is given by:

Zbio =
Vin

Is
=

Vpke
j(ωst+θ)

Ipkejωst
=

Vpk

Ipk
ejθ (3.1)

where Vpk and Ipk are the peak voltage response and interrogation current, respectively,
ωs is the angular frequency of the interrogation signal, and θ is the phase delay caused by
the impedance of the tissues under test, as it can be seen in Fig. 3.1(a). Since Zbio is a
complex quantity, it can be generally represented in polar form as follows:

Zbio = |Zbio|ej arg(Zbio) =
√

R2
bio +X2

bio e
j tan−1(Xbio/Rbio) (3.2)

where Rbio and Xbio are the bioimpedance resistance and reactance, respectively, and
represent the real and imaginary parts of Zbio. Therefore, the bioimpedance modulus and
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Figure 3.1: (a) Illustration of the interrogation current (Is) and the voltage response from tissues
Vin. (b) Phasor diagram representation of Zbio.

argument are given by:

|Zbio| =
√

R2
bio +X2

bio, arg(Zbio) = tan−1

(
Xbio

Rbio

)
(3.3)

It follows that the bioimpedance is fully characterized either by its magnitude and
phase or, equivalently, by its real and imaginary parts. In particular, one can write :

|Zbio| =
Vpk

Ipk
=

√
R 2

bio +X 2
bio,

arg
(
Zbio

)
= θ = tan−1

(
Xbio

Rbio

) (2.3)

as illustrated in Fig. 3.1(b).
Since living tissues are wet biomaterials, they behave as electrolytic conductors that

allow ionic migration [45]. Consequently, hydration level, electrical double-layer forma-
tion, and electrode polarization all contribute to their measured electrical behaviour. This
behaviour, including impedance, is governed by the dielectric properties of the medium,
namely relative permittivity εr and conductivity σ. These may be defined as complex
quantities to account for capacitive and conductive loss components:

σ ≡ σ′ + j σ′′, ε ≡ ε′ − j ε′′ ≡
(
ε′r − j ε′′r

)
ε0 (2.4)

where ε0 is the permittivity of free space.
For intuition, Zbio can be modeled as a non-ideal capacitor with electrode area A and

spacing d (cf. Fig. 3.2), i.e., a lossy dielectric. If the DC conductance in the equivalent
circuit is negligible, the tissue admittance Ybio = 1/Zbio can be expressed as

Ybio =
A

d

(
σ′ + j ωsε

′) = j ωsCbio = j ωs
A

d
ε = j ωs

A

d

(
ε′ − j ε′′

)
(2.5)

which highlights the equivalence between a conductance term and the loss component of
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Figure 3.2: Simple parallel RC model for Zbio, driven by an interrogation AC voltage source with
measured current response; Cbio denotes the equivalent capacitance of the bioimpedance.

the complex permittivity (with the common identification ε′′ = σ′/ωs when conductivity
is absorbed into ε).

In the dielectric viewpoint where conductivity is absorbed into the complex permittiv-
ity, the loss term is captured by the imaginary part of ε. Consistency between the forms
Ybio =

A
d
(σ′ + j ωsε

′) and Ybio = j ωs
A
d
ε implies the identification

ε′′ =
σ′

ωs

(2.6)

Conversely, in the conductive viewpoint where the medium is treated primarily as a
conductor endowed with capacitive properties, one adopts a complex conductivity. If the
AC losses in the simple RC representation of Fig. 3.2 are negligible, the tissue admittance
can be written as

Ybio =
A

d

(
σ′ + j ωsε

′) = Gbio =
A

d
σ =

A

d

(
σ′ + j σ′′) (2.7)

from which it follows that the imaginary part of the complex conductivity relates to the
stored-field term through

σ′′ = ωs ε
′ (2.8)

In practice, permittivity and conductivity data for biological tissues are often reported
as ε and σ or as ε′ and σ′ because the complementary loss terms ε′′ and σ′′ formally
diverge at very low and very high frequencies, respectively [46]. Although the simple
capacitor model does not reproduce the full spectral behavior of real tissues, it provides
a useful baseline for analyzing dielectric properties and for interpreting single-frequency
measurements, which reduce to extracting Rbio and Xbio from Zbio.

Over the years, numerous models have been introduced to account for these effects and
to describe the characteristic response within each dispersion region, including Debye-type
networks (such as 2R–1C and 1R–2C forms), constant-phase elements (CPEs) to repre-
sent fractional capacitive behavior, the Cole model, and several non-Cole variants [46].
A key refinement by the Cole brothers shifted the frequency dependence from impedance
to permittivity, yielding the Cole–Cole formulation, which has become ubiquitous in
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bioimpedance research due to its balance of simplicity and fidelity across a wide range of
tissues and conditions. In its single-dispersion form, the relative permittivity is written
as

εr = ε∞ +
∆εm

1 +
(
j ωsτm

) 1−αm
, ∆εm = εs − ε∞ (2.9)

where ε∞ is the relative permittivity at infinite frequency, εs is the static permittivity,
and ∆εm, τm, and αm denote the strength, characteristic time constant, and broadening
parameter of the dispersion, respectively.

Because biological tissues typically exhibit the four dispersion regions described earlier
together with a nonzero static ionic conductivity, a multi-term extension of the Cole–Cole
model is often used [47]:

εr = ε∞ +
4∑

m=1

∆εm

1 +
(
j ωsτm

) 1−αm
+

σi

j ωs ε0
, σ = − Im(εr) ωs ε0 (2.10)

where σi is the static ionic conductivity. With appropriate parameter choices, this model
has been shown to predict the dielectric behavior of many biological tissues over frequency
spans extending from the hertz to the multi-gigahertz range [47].

Accurate modeling of bioimpedance spectra is therefore essential to reproduce their
frequency-dependent behavior and to establish reference impedances for the design and
evaluation of application-specific biomedical devices. The application and evaluation of
these models will be presented in Section 3.1.

3.0.2 Electrodes and Bio-Z Measurement Setups

Electrodes are essential components in bioimpedance measurements, acting as transducers
between biological tissues and the electronic interface circuits. They enable the conver-
sion of charge carriers from ionic to electronic form and vice versa at the metal–electrolyte
interface. Conventional surface wet-contact electrodes, widely used in bioimpedance appli-
cations, typically consist of a metallic element, often Ag/AgCl, coated with an electrolytic
gel to improve contact with the skin’s outer and inner layers. These electrodes exhibit a
half-cell potential Vhc, a double-layer capacitance, and both series and parallel resistances.

Although wet electrodes remain the clinical gold standard due to their excellent sig-
nal quality, they are unsuitable for long-term wearable monitoring because they can
cause skin irritation and discomfort. Dry electrodes have been proposed as an alter-
native for wearable applications, offering improved comfort and usability [48]. However,
the electrical interface of dry electrodes is more complex, as additional processes influ-
ence the skin–electrode impedance [49]. The skin–electrode interface can generally be
modeled as a layered conductive and dielectric structure, often represented by multiple
RC sections connected in series. Depending on electrode type and coupling conditions,
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Figure 3.3: Simplified equivalent model for a) bipolar and b) tetrapolar bio-Z measurement setup.

these lumped RC models can approximate the interface behaviour. In many cases, one
RC section dominates, allowing the interface to be simplified as a coupling admittance
Yc = 1/Zc = Gc + jωsCc.

Because electrode interfaces introduce additional impedance in series with the tissue,
their effect on bioimpedance measurements must be considered. Two main electrode
configurations are commonly used: bipolar and tetrapolar.

Bipolar setups are the simplest, employing a single electrode pair to inject current
and measure voltage simultaneously. In this configuration, one electrode sources current
while the other sinks it, and the voltage response is measured across the same pair.
Fig. 3.3(a) illustrates a simplified equivalent circuit for a bipolar setup, where Zo,cs =

Ro,cs ∥ 1/(jωsCo,cs) and Zi,IA = Ri,IA ∥ 1/(jωsCi,IA) represent the output impedance
of the current source and the input impedance of the instrumentation amplifier (IA),
respectively. Ideally, these impedances would be infinite, but practical implementations
impose limits. Under ideal assumptions, the interrogation current Is flows through the
series combination of the electrode coupling impedances and the tissue impedance, Zc +

Zbio. Consequently, the measured voltage includes contributions from both the tissue and
the electrode interfaces. At low frequencies, Zc can be very large—hundreds of kilohms
to several megohms for commercial electrodes—while Zbio typically ranges from ohms to
kilohms depending on electrode spacing. This disparity makes detecting small changes in
Zbio challenging in wearable bipolar systems. Nevertheless, bipolar measurements remain
useful for estimating Zc for lead-off detection, assessing electrode contact quality, and
mitigating motion artifacts.

Tetrapolar configurations are widely adopted to overcome these limitations. In a
tetrapolar setup, two electrodes inject current while a separate pair senses voltage, effec-
tively isolating the measurement from electrode interface impedance. Fig. 3.3(b) shows a
simplified equivalent circuit for this configuration. Assuming ideal conditions similar to
those in the bipolar analysis, the interrogation current flows through the series combina-
tion of the current-injection electrode impedances and the tissue, while the voltage-sensing
electrodes draw negligible current. As a result, the measured voltage reflects only Zbio,
making tetrapolar setups the preferred choice in clinical bioimpedance spectroscopy and
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in multifrequency sEIM applications, where sensitivity and accuracy are critical.
Although electrode coupling impedances are not directly measured in tetrapolar con-

figurations, they still influence the performance of the current source (CS) and the IA.
On the injection side, the electrode coupling impedances contribute to the CS load, so
the interrogation current Is flows through an equivalent series resistance of (2Zc + Zbio).
The resulting voltage drop across the CS terminals is dominated by 2Zc, which defines
the voltage compliance of the CS and limits the linear range of current injection. Further-
more, if Zc is comparable to the CS output impedance Zo,CS, the accuracy of the injected
current is compromised due to the current divider formed by 2Zo,CS and (2Zc + Zbio).
Similarly, on the sensing side, the electrode coupling impedances form a voltage divider
with the IA input impedance Zi,IA. If Zc is comparable to Zi,IA, the voltage signal from
Zbio is attenuated at the IA input, which may require higher amplification and effectively
reduce the achievable signal-to-noise ratio (SNR) of the bioimpedance readout.

These effects are also present in bipolar measurements and must be considered in such
setups. The challenges associated with large electrode coupling impedances are partic-
ularly critical in bioimpedance measurements using dry electrodes. Several studies have
proposed solutions to mitigate these issues, such as increasing the CS output impedance
through closed-loop current drivers to enable accurate current injection, and boosting the
IA input impedance to minimize loading effects in voltage readouts. Due to the resistive
component of Zc, the electrode interface also introduces thermal noise, which degrades
the SNR of the measured bioimpedance. This noise is shaped by Zc and is minimized
when the contact resistance approaches either zero or infinity, conditions that are prac-
tically unattainable. Consequently, electrode type and interface characteristics strongly
influence noise performance and often represent the limiting factor in system design.

In addition to loading effects and noise, other non-idealities such as DC offset and mo-
tion artifacts must be addressed. DC offset originates from mismatches in the electrodes’
half-cell potentials Vhc and can saturate the IA. This offset often drifts at low frequencies,
exhibiting a 1/f -like behavior. Motion artifacts arise from lateral or vertical displacement
of electrodes during patient movement, which alters both Zc and Vhc. These variations
differ across electrodes, producing differential artifacts that corrupt the IA input and re-
duce SNR. In severe cases, motion artifacts can also saturate the IA. Fortunately, since
both DC offset and motion artifacts occur at frequencies below 20 Hz, while most clinical
bioimpedance measurements operate above 1 kHz, these components can be effectively
removed through high-pass filtering, making them less problematic in practice.

Two common strategies are employed to mitigate noise and artifacts from the electrode
interface. The first is skin preparation prior to electrode placement, which involves clean-
ing and lightly abrading the skin and applying saline solution to reduce contact resistance,
typically achieving values between 5 kΩ and 10 kΩ. The second strategy is to maximize
the IA input impedance so that the noise contribution from Zc becomes negligible. This is
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straightforward with standard IA topologies when wet electrodes are used, but it becomes
challenging with dry or non-contact electrodes, requiring specialized techniques to boost
IA input impedance.

3.0.3 Bio-Z Spectroscopy Interface Circuits

As briefly mentioned earlier, bioimpedance measurements can be performed either by
applying a voltage stimulus and recording the resulting current (voltage mode) or by
applying a current stimulus and recording the resulting voltage (current mode). In prac-
tice, current-mode bioimpedance measurements dominate both the scientific literature and
commercial clinical equipment. The primary reason is that current-mode operation allows
precise control of the amount of current delivered to the patient, which is essential for com-
pliance with IEC 60601-1 safety standards governing patient auxiliary currents—defined
as a type of leakage current—under specified human body models. Although similar limits
exist for maximum applied voltages, both modes can satisfy these requirements; however,
ensuring compliance with current limits is prioritized in bioimpedance systems.

Figure 3.4: Simplified block diagram of a current-mode bio-Z spectroscopy interface.

An additional advantage of current-mode operation is the reduced charging time of
stray capacitances, which shortens propagation delays and improves accuracy at higher
frequencies, provided that the output impedance of the current source remains sufficiently
large. For these reasons, the remainder of this work focuses on current-mode bioimpedance
spectroscopy.

A current-mode bioimpedance interface consists of two main functional blocks, as illus-
trated in Fig. 3.4. The first block is the current signal generator (CSG), which produces
and injects an AC current into the tissue under test. The second block is the voltage
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readout, which senses and processes the resulting voltage response to compute Zbio and
comprises an amplification stage, an analog-to-digital converter (ADC), and a demod-
ulation stage, which may be implemented in either the analog or digital domain. The
following sections will review state-of-the-art implementations of these building blocks.

3.0.4 Current Signal Generators

Fig. 3.5 summarizes the most common methods and implementations of the three main
stages of current signal generators (CSGs) for bioimpedance spectroscopy. The waveform
generation stage can be categorized according to the type of signal produced: single-
tone (narrowband) or multi-tone (broadband). The linearity enhancement stage typically
employs low-pass filters, which can be implemented in continuous-time or discrete-time
domains. Finally, the current injection stage can adopt either an open-loop or a closed-
loop topology. Each of these stages and their implementation options is discussed in the
following paragraphs.

Figure 3.5: Three main stages of bio-Z spectroscopy CSGs and their most common methods and
implementations: (a) waveform generation, (b) linearity enhancement, and (c) current injection.

Waveform Generation

The purpose of the waveform generation stage is to produce the excitation signal that
will be periodically injected into the tissue. Single-tone signals are the most common
choice because of their simplicity and compatibility with narrowband readout architec-
tures. They are relatively easy to generate using oscillators or mixed-signal circuits and
simplify demodulation due to their narrowband nature. However, spectroscopy requires
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sweeping the frequency of the single-tone signal across multiple points within the α- and β-
dispersion ranges, which increases acquisition time proportionally to the number of tones.
Multi-tone signals, in contrast, allow simultaneous measurement at multiple frequencies,
reducing acquisition time but imposing stricter requirements on readout bandwidth, lin-
earity, and power consumption, as well as more complex demodulation schemes.

Single-tone waveforms are generally implemented as sinusoids, pseudo-sines, or square
waves. Sinusoids, typically generated by analog oscillators, offer the best linearity but
suffer from poor frequency agility and high area and power costs when covering a wide
frequency range, as large capacitors are required for low-frequency tones and power scales
with frequency. Square waves, on the other hand, can be generated with high frequency
accuracy using PLL-based clocks and simple current-switching circuits, making them sig-
nificantly more power-efficient. However, their harmonic content introduces distortion
in the demodulation process, even though most harmonics lie outside the fundamental
band. Pseudo-sine signals represent a compromise between sinusoids and square waves,
combining good frequency accuracy and moderate linearity with reasonable implementa-
tion complexity. They are generated using a PLL-based clock, digital logic, and a DAC,
and their linearity can be improved by increasing DAC resolution and applying oversam-
pling.

Multi-tone waveforms include chirp signals, multi-sine signals, and pseudo-random
binary sequences (PRBS). Chirp signals are produced by sweeping the frequency of a
single-tone generator and can be processed as narrowband or broadband signals depend-
ing on the demodulation strategy. Multi-sine signals provide discrete tones in the fre-
quency domain and offer better SNR than chirps but require crest factor optimization to
achieve acceptable linearity. PRBS signals are easier to generate and share implementa-
tion similarities with square waves, but their strong harmonic content limits measurement
accuracy.

The choice between single-tone and multi-tone excitation ultimately depends on ap-
plication requirements such as acquisition time, power budget, and system complexity.
Nevertheless, single-tone generation remains the dominant approach in state-of-the-art
bioimpedance interface ICs, particularly for wearable and ultra-low-power applications,
where simplicity and energy efficiency are critical.

3.0.5 Voltage Readout

Fig. 3.6 summarizes the most common methods and implementations of the three main
stages of voltage readouts in bioimpedance spectroscopy interfaces: amplification, demod-
ulation, and analog-to-digital conversion. Three instrumentation amplifier (IA) topologies
dominate state-of-the-art designs: the three-opamp IA, the current-balancing IA (CBIA),
and the capacitively-coupled IA (CCIA). Demodulation can be implemented using either
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quadrature (I/Q) techniques or magnitude/phase extraction, while analog-to-digital con-
version relies on Nyquist-rate or oversampling ADCs depending on the required dynamic
range, bandwidth, and power constraints.

Figure 3.6: Three main stages of bio-Z spectroscopy voltage readouts and their most common
methods and implementations: (a) amplification, (b) demodulation, and (c) analog-to-digital
conversion.

The amplification stage must extract the small differential voltage response from Zbio

while rejecting large common-mode voltages caused by electrode non-idealities and power-
line interference. Therefore, high common-mode rejection ratio (CMRR), low input-
referred noise, and high input impedance relative to the electrode impedance are essential.
Many state-of-the-art interfaces also include a pre-demodulation stage before amplifica-
tion to down-convert the signal from the generator frequency fSG to an intermediate
frequency fIF, reducing the IA bandwidth requirement and improving power efficiency.
This approach is only compatible with single-tone excitation architectures, which explains
their prevalence in low-power designs.

Among IA topologies, the three-opamp IA offers high input impedance and excellent
linearity across a wide input range but suffers from limited CMRR due to resistor and
opamp mismatch, as well as relatively high power consumption because it requires three
precision opamps. The CCIA provides a more power-efficient alternative by using a single
opamp, but its input impedance is constrained by the switched-capacitor input network,
which also introduces glitches and noise. Its CMRR depends on capacitor matching,
which can be improved with additional feedback loops at the cost of complexity. The
CBIA achieves higher CMRR than both three-opamp and CCIA designs while maintaining
high input impedance without additional complexity. Its gain is determined by the ratio
of feedback resistors in the transimpedance and transconductance amplifiers. Although
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the linear input range of CBIAs is limited by the bias current of the transconductance
stage, this can be managed by adjusting the injected current amplitude. Depending on the
requirements of subsequent stages, the TIA can use a simple resistive load or a closed-loop
configuration. These characteristics make CBIAs a flexible and power-efficient solution
for modern bioimpedance interfaces.

Demodulation

As mentioned in Section 3.0.1, Zbio can be represented in cartesian form through its
real and imaginary components (Rbio and Xbio), or in polar form through its magnitude
and phase (|Zbio| and θbio). Two main demodulation strategies, as shown in Fig. 3.7,
are found in the literature: quadrature (I/Q) demodulation, which recovers the real and
imaginary parts, and polar demodulation, which estimates amplitude and phase directly.
Both approaches can be implemented in either the analog or digital domain. Analog
techniques typically offer superior power efficiency, while digital implementations achieve
higher signal-to-noise ratio (SNR) and throughput, leading to a trade-off between energy
consumption and performance.

Figure 3.7: Conceptual comparison between I/Q and polar demodulation methods for impedance
extraction.

The injected current signal can be expressed as

iin(t) = I0 cos(2πfINt) (3.4)

where I0 and fIN are the amplitude and frequency of the stimulus, respectively. The
resulting voltage across the bio-impedance is

vbioZ(t) = I0|Zbio| cos(2πfINt+ θbio) (3.5)
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where |Zbio| and θbio denote the impedance magnitude and phase.

I/Q Demodulation

In I/Q (quadrature) demodulation, the amplified voltage response from an instrumenta-
tion amplifier with gain Av is

Vout,IA(t) = AvI0|Zbio| cos(2πfINt+ θbio) (3.6)

The signal is then multiplied by in-phase and quadrature reference signals, either sinu-
soidal or square-wave, to obtain the Cartesian components:

vRe(t) = Vout,IA(t) cos(2πfINt) =
1

2
AvI0|Zbio| [cos(θbio) + cos(4πfINt+ θbio)] (3.7)

vIm(t) = Vout,IA(t) sin(2πfINt) =
1

2
AvI0|Zbio| [sin(θbio) + sin(4πfINt+ θbio)] (3.8)

Low-pass filtering removes the high-frequency terms, leaving the DC components propor-
tional to the real and imaginary parts:

VRe,DC =
1

2
AvI0|Zbio| cos(θbio) ∝ Rbio (3.9)

VIm,DC =
1

2
AvI0|Zbio| sin(θbio) ∝ Xbio (3.10)

From these, the impedance can be reconstructed as:

|Zbio| =
2

AvI0

√
V 2

Re,DC + V 2
Im,DC (3.11)

θbio = arctan 2(VIm,DC, VRe,DC), Zbio = Rbio + jXbio (3.12)

Digital I/Q demodulation requires high-resolution DDS and multipliers, which increase
power consumption. Analog implementations often use passive mixers with square-wave
references for reduced power, though harmonic content can introduce intermodulation
errors. Calibration and waveform optimization can mitigate these effects. Despite higher
circuit complexity, I/Q demodulation remains the preferred approach in high-accuracy
and noise-sensitive systems due to its robustness and precision.

Polar Demodulation

Polar demodulation directly estimates the magnitude and phase of the bio-impedance
signal, involving the extraction of the voltage amplitude Vpk and the phase delay of the
sensed voltage Vin with respect to the stimulation current Is.

In the digital domain, Vpk can be obtained through spectral analysis using Fast Fourier
Transform (FFT) or matched filtering techniques, which, however, tend to become power-
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intensive as the excitation frequency fSG increases. In the analog domain, the same task
can be accomplished more efficiently using low-power implementations of peak detectors,
which capture the envelope of the bio-impedance response. The phase delay is then
determined by comparing Vin with a reference voltage signal derived from a sensing resistor
in the current-source path. Dedicated phase detectors—typically based on comparators
and digital logic circuits such as XOR or D flip-flop configurations—convert this phase
difference into a measurable duty cycle or voltage level proportional to the impedance
phase.

Usually, a peak detector measures the response amplitude as

Vpk ≈ I0|Zbio| (3.13)

and, considering that the peak of the current is Ipk ≈ I0, the impedance magnitude can
be computed as

|Zbio| =
Vpk

Ipk
(3.14)

Similarly, a phase detector measures the phase difference between the voltage and current:

θbio = ϕv − ϕi (3.15)

allowing the complex impedance to be reconstructed as

Zbio = |Zbio|ejθbio (3.16)

Despite its architectural simplicity and low power consumption, magnitude/phase de-
modulation relying solely on peak and phase detectors suffers from limited precision,
mainly due to sensitivity to DC offsets, harmonic distortion, and noise. To address these
limitations, several improved analog demodulation schemes have been proposed, including
pulse-width demodulation, time-stamp demodulation, adaptive-sampling methods, and
self-mixing rectifier topologies. These techniques aim to enhance accuracy and robustness
while preserving the low-power advantage of analog magnitude/phase extraction, mak-
ing them particularly suitable for wearable and implantable bio-impedance measurement
systems.

Analog implementations typically employ comparators, rectifiers, XOR gates, and low-
pass filters for phase extraction, while digital approaches rely on FFT-based analysis or
matched filters. Although FFT-based demodulation provides high resolution, it becomes
increasingly power-hungry at high operating frequencies. In contrast, analog polar demod-
ulation offers simplicity and low energy consumption, making it an attractive solution for
portable or implantable bio-impedance sensors, where power and area constraints are crit-
ical. However, its accuracy can still be affected by offsets, noise, and harmonic distortion,
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requiring careful calibration and circuit optimization to ensure reliable operation.

3.0.6 Analog-to-Digital Conversion

The final stage of the readout chain is analog-to-digital conversion. Two ADC architec-
tures dominate: successive-approximation register (SAR) and delta-sigma (∆Σ). SAR
ADCs offer excellent power efficiency for low-bandwidth signals but are typically limited
to about 12 ENOB, whereas ∆Σ ADCs achieve higher resolution at the cost of increased
power consumption. The choice of ADC influences the required IA gain: SAR-based read-
outs need higher gain to fully utilize the ADC input range, making them more susceptible
to DC offsets and motion artifacts, while ∆Σ-based readouts require lower gain, reducing
offset sensitivity but increasing noise vulnerability. Throughput and latency also play
a role: SAR ADCs provide low latency and can be oversampled for higher data rates,
whereas ∆Σ ADCs trade off power and latency through oversampling ratio and digital
filtering. Ultimately, the selection depends on the application’s dynamic range, SNR, and
power constraints.

3.0.7 Discussion

I/Q and polar demodulation are mathematically equivalent since Cartesian and polar
forms are related through nonlinear transformations. However, their hardware realiza-
tions differ significantly. I/Q demodulation enables fine-grained digital post-processing
and high accuracy, at the cost of power and circuit complexity. Polar demodulation,
relying on envelope and phase detection, provides a simpler, more energy-efficient im-
plementation, especially suited for ultra-low-power and area-constrained designs. When
properly calibrated, polar demodulation can achieve excellent accuracy while minimizing
energy consumption and silicon area.

Table 3.1: Comparison of Impedance Demodulation Techniques

Method Circuit-Level
Implementation Advantages Disadvantages

I/Q
Demodulation

Mixers + LPFs;
Real/Imag.
computation

High precision; Robust
to noise; Flexible digital

post-processing

Higher power;
Calibration required;
Harmonic sensitivity

Polar
Demodulation

Peak and phase
detectors;

comparators;
rectifiers; LPFs

Low power; Compact;
Direct amplitude/phase

extraction

Offset and noise
sensitivity; Harmonic

distortion; Lower
linearity

Digital
Demodulation

FFT, matched filters,
or timestamping

High SNR; Accurate
phase estimation; Digital

flexibility

Power-hungry; Limited
by ADC speed;

Increased complexity
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3.1 A Novel Polar-Demodulator-Based Electronic In-

terface for Bioimpedance Spectroscopy with En-

hanced Phase Detection and Reduced Dead Zone

As discussed in Section 3.0.5, polar demodulation techniques—particularly high-frequency
XOR-based phase detection circuits—are prone to false commutations, which can intro-
duce significant phase estimation errors. These errors arise from rapid state transitions
and metastability phenomena, and can propagate through the circuit, producing spurious
phase measurements. Furthermore, such circuits are subject to critical dead-zone and
blind-zone effects, where narrow input signal ranges result in nonlinear response regions.
These regions are characterized by signal ambiguity, reduced sensitivity, and potential
phase-tracking discontinuities, all of which degrade the overall accuracy of phase estima-
tion algorithms.

To address these challenges, we developed an architecture enabling precise impedance
measurement up to 1 MHz. The design introduces a frequency-down technique to the
polar demodulator with a reference path, halving the input frequency and applying a 90◦

phase shift. This reduces the demodulator’s operating frequency and minimizes the XOR
dead-zone. A feedback gain control ensures optimal gain for accurate magnitude com-
parison with the reference path. Additionally, an improved peak detector using Schottky
diodes—with lower forward voltage, series resistance, and faster settling time—enhances
measurement precision. This architecture notably improves accuracy at high frequencies
where the dead-zone effect is significant. The combined use of frequency down-shifting
and delay to reduce dead-zone in polar demodulation is demonstrated here for the first
time [Paper VII].

3.1.1 System Architecture

Fig. 3.8 shows an overall block diagram of the proposed impedance-measurement mixed-
signal electronic interface. The architecture is based on an operational amplifier (THS4631)
in inverting configuration with an input resistance, Rin, that can be selected from a bank
of resistors controlled by a multiplexer. This selection mechanism helps keep the ampli-
fier gain within specified limits. Symmetrically, a reference path has been implemented
to provide a reference signal essential for calculating both magnitude and phase. After
the inverting stage, an instrumentation amplifier (INA849) stage has been implemented,
characterized by a bandwidth of 10 MHz with a fixed gain of 14 dB. Subsequently, the sig-
nal processing splits into two distinct yet complementary paths. The magnitude value of
the impedance (Zm) is obtained through a peak detector circuit by comparing the output
with the reference signal, while the phase shift of Zm is extracted using two zero-crossing
comparators (LT1715), an XOR gate (SN74LVC1G86), and a low-pass filter (LPF). The
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Figure 3.8: Schematic diagram of the proposed impedance-measurement circuit topology.

output signals are quasi-DC voltages that represent both the magnitude and phase of Zm,
enabling comprehensive impedance characterization.

Magnitude-Measurement Path

Figure 3.9: Proposed peak detector circuit.

In order to extract the IA output amplitude, a Peak Detector Circuit (PDC) locks to
the maximum value of vIA, Fig. 3.9. The dual op-amp configuration offers significant tech-
nical improvements in peak detection performance. The voltage follower configuration of
A2 presents an extremely high input impedance and near-zero output impedance, effec-
tively isolating the holding capacitor, CH , of 0.1 µF from load variations. This isolation
prevents capacitor discharge through load currents, maintaining peak voltage accuracy.
The fast recovery diode D2 clamps A1’s output, preventing negative saturation and reduc-
ing recovery time when transitioning to a new peak value. The matched input resistors R1

and R2, both with a value of 10 kΩ, create a balanced input bias current path, minimizing
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input offset voltage effects and improving DC accuracy. Furthermore, A1’s high open-loop
gain ensures precise voltage following during peak detection, while its high slew rate capa-
bility, combined with the diode’s fast switching characteristics, enables accurate tracking
of rapid input voltage changes. The charging and discharging of the hold capacitor can
be controlled by driving the gate of an nmos transistor, which allows the voltage across
the capacitor to be discharged through the discharge resistor Rdisc. The magnitude of the
impedance can be directly computed from the output values of the PDC, as expressed by
the following mathematical relationship in (3.17):

mag =
vmax1

vmax2

G2Rset (3.17)

where :

• vmax1 and vmax2 are the output of the implemented PDC

• G2 indicates the gain of the reference path

• Rset corresponds to the resistor selected for the impedance-measurement path

Phase-Measurement Path

When the phase difference, between the two inspected sine waves is close to zero, the
classic exclusive-OR phase detector generates a very narrow pulse proportional to the
phase shift as shown in Fig. 3.10.

Typically, at high frequency above 100 kHz, where the delay each stadium is significant
this pulse is warp leading to errors in phase estimation. This results in a loss of linearity
in the detector’s response, especially near zero phase difference, where the output fails to
reflect small variations accurately.

For this reason, in the proposed circuit, Fig. 3.11, we aimed to reduce this error. In fact,
after the comparator converts X e Y, respectively the output of the inverting amplifier and
the reference path, into square-wave signals a frequency divider for two distinct signals is
implemented using two D flip-flops (SN74HC74), which are CMOS-based edge-triggered
devices.

For the first signal, the flip-flop is configured in toggle mode by connecting its Q output
to its D input. For the second signal, an inverter is placed before the input to the second
flip-flop, resulting in both frequency division by 2 and a quadrature (90◦) phase shift
between the two output signals. This quadrature arrangement is particularly valuable
when the divided signals feed into an XOR phase detector in subsequent stages. The 90◦

phase relationship effectively eliminates the dead zone problem commonly encountered in
XOR phase detectors. The dead zone occurs when the phase difference between input
signals approaches 0 or 180◦, causing the XOR output to remain static for small phase
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Figure 3.10: XOR gate analysis in the presence of dead zone: (a) Theoretical representation
of square wave input signals highlighting false switching events caused by dead zone effect; (b)
Theoretical XOR gate response characterization with emphasis on the dead zone region near
zero; (c) Experimental measurement of the XOR output with a 1◦ phase shift between input
signals at 500 kHz operating frequency.

Figure 3.11: Proposed phase detection circuit.

variations and reducing detector sensitivity. By ensuring quadrature signals, the phase
detector always operates in its linear region with maximum sensitivity.

These two signal are the input of a exclusive OR-phase detector and the output duty
cycle ratio corresponds to a phase difference between Zm and the reference path, as shown
in the timing diagram in Fig. 3.12. When the Zm and Rref measurement path exhibit
identical characteristics, the propagation delays in both pathways are equal, leading to
cancellation of phase errors. Then, the following low-pass filter, LPF, with a cut-off fre-
quency of 0.15 Hz act as a time-to-voltage converter and extract the averages of vdel_out(t)
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Figure 3.12: Timing diagram illustrating the stages of the modified XOR phase detector (PD):
(a) Output signal from the IA with a 20° phase shift; (b) Comparator output converting IA
output into square waves; (c) Frequency divider output with 90◦ phase shift; (d) XOR phase
detector output signal before time-to-voltage conversion.

out to a DC value, vdc_phase. The simulation made with LTSpice reports a sensitivity of
10 mV/deg, theoretically ensuring phase detection capability down to 0.1◦ of phase differ-
ence. This high-resolution phase detection capability significantly enhances the precision
of phase measurement systems and control loops. This circuit addresses the well-known
measurement ambiguity issue inherent in exclusive OR phase detectors where phase shifts
of opposite signs produce identical output voltage values.

Figure 3.13: Simulated output slope comparison between conventional XOR phase detector (blue
dots) and modified XOR phase detector (black dots), demonstrating the reduction of the dead
zone and the elimination of phase detection ambiguity present in the conventional XOR design.
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Through this implementation, the combination of phase shift and frequency divider
mechanisms effectively repositions the zero-phase point ideally to the midpoint of the sup-
ply voltage, albeit with a consequent halving of the phase detector’s sensitivity. Specifi-
cally, this approach enables the maintenance of a high sensitivity, 10 mV/degree, equiv-
alent to half that of the standalone XOR detector, while simultaneously addressing the
critical issue of measurement ambiguity, as shown in Fig. 3.13.

The design overcomes the inherent constraints of conventional XOR-based phase de-
tection through an enhanced phase comparison methodology that delivers superior mea-
surement precision and eliminates ambiguities present in standard XOR configurations,
Fig. ??(c). The phase shift of the impedance can be directly computed from the output
value of the proposed phase detector architecture, as expressed by the following mathe-
matical relationship in (3.18):

ϕ = (vdc_phase − vb)/vslope (3.18)

where :

• vslope represents the angular coefficient of the calibration curve

• vdc_phase indicates the output voltage of the phase detector

• vb corresponds to the voltage value measured at 0◦

Feedback Loop

The automatic gain control was implemented through a microcontroller (MCU), Atmel
SAM3X8E, that enables precise control over the system through I2C communication with
an external ADS1115 analog-to-digital converter(ADC). This 16-bit Σ∆ ADC offers a res-
olution (0.1875 mV per bit at ±6.144 V range) and sensitivity with a programmable gain
amplifier providing up to 16x amplification for low-level signals. The MCU continuously
monitors the DC signals produced at the output of the low-pass filter (LPF), which consti-
tutes the final stage of the phase detection circuit, and dynamically adjusts the impedance
ratio of the inverting amplifier in real time by controlling the multiplexers. This adaptive
feedback mechanism ensures optimal performance across varying operating conditions,
compensating for component drift and environmental variations while mantaining phase
accuracy within the target specifications. Additionally, in the developed firmware are im-
plemented the equations for the calculation of the real-time value of modulus and phase.

To further enhance the robustness of the feedback mechanism and correct residual
nonlinearities or high-frequency phase jitter, future iterations of the system could integrate
AI-based compensation schemes. In particular, adaptive neural network models such as
LSTM (Long Short-Term Memory) and U-Net architectures could be trained to monitor
electrical absorption dynamics across the sensor array and learn complex spatiotemporal
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patterns enabling real-time prediction and correction of phase and magnitude distortions
under varying physiological and environmental conditions [50].

Noise Analysis

Fig. 3.14 shows the input-referred noise spectral density (in nV/
√
Hz) for both the peak

detector (PDC) and the phase detector. Integration over the 100 Hz–1 MHz range yields
Vrms values of 1.01 mV (PDC) and 0.98 mV (phase detector), clearly indicating the dom-
inant contributions from thermal noise, flicker noise (1/f), and shot noise.

Figure 3.14: Measured input-referred noise voltage density of the peak and phase detectors under
nominal operating conditions.

From this analysis, the system exhibits a signal-to-noise ratio (SNR) of 29.98 dB and
a dynamic range (DR) of 59.9 dB. To relax the effective DR requirement, a dynamic gain
adjustment is implemented in the inverting amplifier stage: by reconfiguring the feedback
network, the gain can be varied by approximately 14 dB, keeping the output amplitude
nearly constant across a wide range of input impedances. This adaptive strategy minimizes
noise impact and prevents saturation, thereby ensuring robust measurement performance
while simplifying the hardware design.

For comparison, previously reported systems relying on pseudo-sinusoidal [51, 52] or
square excitation waveforms [53, 54] typically achieve SNR values in the range of 45–76 dB
and dynamic ranges of 90–105 dB, depending on the acquisition chain architecture. Al-
though the present implementation shows lower absolute SNR and DR, the adaptive gain
strategy compensates for these limitations and provides a practical advantage in handling
variable tissue impedance conditions. This trade-off highlights that circuit-level adapt-
ability can be more impactful for robust bio-impedance measurement than maximizing
absolute SNR or DR figures.
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3.1.2 Results and Discussions

Measurement results

For the evaluation of the circuit performances, a 4-layer PCB was designed, as shown in
Fig. 3.15, and powered with a ±5V dual supply.

Figure 3.15: Picture of the experimental setup featuring the designed PCB implementing the
proposed polar demodulation architecture. The setup includes analog front-end circuitry, a
reference path for magnitude and phase extraction, and interfacing points for external signal
sources and measurement equipment.

The circuit was tested using bench instruments from Teledyne LeCroy, including a
T3PS33203P power supply, a T3AFG30 waveform generator, and an HDO6054 bench
oscilloscope. The proposed PCB consumes 800mW of power over the entire frequency
range. Output values from the peak detectors and the phase detector were acquired by a
microcontroller for further processing and analysis.

A phase calibration was performed for each frequency of interest to verify the theoret-
ical sensitivity of the PDC and to determine the reference voltage at 0◦, vb, used in the
phase calculation. The calibration consisted in measuring the output voltage correspond-
ing to a zero phase difference between the two input sinusoids. Experimental tests were
conducted using multiple discrete model cells, Zm, illustrated in Fig. 3.16, Fig. 3.17 and
Fig. 3.18 to evaluate the efficacy of the proposed architecture for impedance spectroscopy.

The first model cell, shown Fig. 3.16, consisted of a parallel combination of a 6.8 kΩ
resistor and a 2 nF capacitor, connected in series with a 330 Ω resistor [55].

The measurement protocol employed a 100 mVpp sinusoidal excitation signal, vsg, was
applied, sweeping frequencies from 10 Hz to 1 MHz. The results for magnitude and
phase responses are shown in Fig. 3.16, along with the theoretical transfer function for
comparison. Additionally, two other impedance models—a breast cancer cells model [56]
and a biceps Cole-Cole impedance model [57]—were also evaluated, with their results
presented in Fig. 3.17 and Fig. 3.18, respectively.
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Figure 3.16: a) Comparative analysis of measured impedance modulus and phase for the first
model cell: Experimental results (N=3 independent experiments) plotted against the theoretical
transfer function across the 10 Hz - 1 MHz frequency range. Data presented as mean ± SD);
b) Error characterization across the frequency spectrum: phase error in degrees and magnitude
error in percentage for individual frequency points.

The experimental results obtained through the proposed circuit demonstrate remark-
able concordance with the theoretical values derived from the Zm transfer function.

Fig. 3.16 b), Fig. 3.17 b) and Fig. 3.18 b) also depicts the measurement error analysis
of the results shown in Fig. 3.16 a), Fig. 3.17 a) and Fig. 3.18 a).

The maximum observed magnitude deviation of 11% occurs at the upper frequency
boundary of 1 MHz, where the theoretical impedance approximates 338 Ω, resulting in
an absolute estimation error of approximately 37 Ω. This error is primarily attributed
to non-idealities in the peak detector, which can introduce inaccuracies in capturing the
true amplitude of the high-frequency sinusoidal signals due to limited bandwidth and
response time. To mitigate high-frequency amplitude errors, strategies such as extending
the detector bandwidth, employing faster operational amplifiers with higher slew rates,
and implementing frequency-dependent calibration routines are proposed.

To evaluate the safety of the proposed system, the specific absorption rate (SAR) and
the associated thermal effects were estimated using a tissue-equivalent load model. This
simplified approach considers the power delivered to the load and the thermal properties
of the exposed tissue, without relying on a full 3D anatomical simulation. For SAR
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Figure 3.17: a) Comparative analysis of measured impedance modulus and phase for a breast
cancer cells model: Experimental results (N=3 independent experiments) plotted against the
theoretical transfer function across the 10 Hz – 1 MHz frequency range. Data presented as
mean± SD. (b) Error characterization across the frequency spectrum: phase error in degrees and
magnitude error in percentage for individual frequency points.

estimation, the relevant high-frequency impedance of muscle tissue is used, here assumed
as Z = 560 Ω, which corresponds to the effective impedance of biceps muscle at the
frequencies of interest [57]. In addition, the absorbed energy is normalized to a small
representative tissue mass of m = 1 g, modeling a localized volume of muscle exposed to
the applied field.

The key parameters are:

• Applied peak-to-peak voltage: Vpp = 100 mV

• Tissue-equivalent impedance: Z = 560 Ω

• Equivalent tissue mass: m = 1 g = 0.001 kg

• Tissue heat capacity: C = 3000 J/(kg·K) [58]

The RMS voltage is:

VRMS =
Vpp

2
√
2
=

0.1

2
√
2
≈ 0.0354 V (3.19)
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Figure 3.18: a) Comparative analysis of measured impedance modulus and phase for a Cole-Cole
model of biceps tissue: Experimental results (N=3 independent experiments) plotted against
the theoretical transfer function across the 10 Hz – 1 MHz frequency range. Data presented as
mean ± SD. (b) Error characterization across the frequency spectrum: phase error in degrees
and magnitude error in percentage for individual frequency points.

The RMS current through the tissue-equivalent load is:

IRMS =
VRMS

Z
=

0.0354

560
≈ 6.32× 10−5 A (3.20)

The power dissipated in the load is:

P = I2RMS ·R = (6.32× 10−5)2 · 560 ≈ 2.24× 10−6 W (3.21)

The SAR, normalized to the assumed tissue mass, is:

SAR =
P

m
=

2.24× 10−6

0.001
≈ 2.24× 10−3 W/kg (3.22)

Finally, the rate of temperature increase is:

dT

dt
=

SAR
C

=
2.24× 10−3

3000
≈ 7.47× 10−7 K/s (3.23)

These results indicate that the absorbed power is several orders of magnitude below
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the safety limits defined by ICNIRP [59] and IEEE C95.1-2019 [60], which prescribe a
maximum localized SAR of 2 W/kg averaged over 10 g of tissue. Although this estimate
does not rely on a full 3D anatomical model, it provides a conservative evaluation of expo-
sure conditions and confirms that the device operates safely within accepted biomedical
limits. Table 3.2 presents a comparative analysis with state-of-the-art implementations,
highlighting the advantages of our novel phase detection topology based on XOR gates
with sensitivity of 10 mV/deg. This approach enables an expanded input frequency range
coupled with enhanced dynamic range for impedance-based measurement applications.

Table 3.2: Performance summary and comparison with state-of-the-art works

Method Frequency
Range [Hz]

Magnitude
Error [%]

Phase
Error [°]

This work Polar 10–1M 11 0.51
[52] I/Q 10k–10M * <4.32
[61] I/Q 50–1M <4 *
[62] Polar 100–100k <3.5 <3.6
[55] Polar 100–10M <2.5 <2.2
[63] Polar 100–10M 1.1 1.9
[64] Polar 1–2M 11 1.31
[65] T-D 10k–500k <2.94 <1
[66] Polar 10–1M 0.3 2.11

1

Simulation results
∗

Not reported
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3.2 AD8302-based Polar Demodulator Interface for Impe-

dance Spectroscopy oriented to Biomedical Appli-

cations

Remaining within the context of polar architectures, recent research has focused on
developing precise, broadband impedance measurement systems, both through custom-
designed integrated circuits (ICs) and using commercial components such as the AD5933 [67,
68, 69], AD9850 [70, 71], and AD8302 [72, 73, 74] with specialized interfacing. However,
impedance characterization with these ICs is typically limited to around 100 kHz due to
the slew-rate and bandwidth limitations of the operational amplifiers. These constraints
highlight the need for alternative polar architectures and measurement strategies capable
of extending the frequency range, improving accuracy, and enabling faster, more flexible
impedance measurements.

To overcome these limitations, we present an architecture based on the AD8302, en-
abling impedance measurements up to 10 MHz with excellent precision. The proposed
design includes an analog front-end with high-slew-rate operational amplifiers, a high-
bandwidth IA, and a feedback gain control to optimize performance across lower frequency
ranges [Paper IX]. The AD8302 comprises a matched pair of demodulating logarithmic
amplifiers, each with a 60 dB measurement range; the difference of their outputs provides a
measurement of the modulus ratio. A multiplier-type phase detector ensures precise phase
balance, driven by the fully limited signals from the logarithmic amplifiers’ outputs.

3.2.1 System architecture

Figure 3.19: Simplified block diagram presenting the architecture of the proposed impedance-
measurement circuit.

Fig. 3.19 shows a schematic diagram of the proposed polar demodulator. A signal gen-
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erator is used to provide the input signal for the measurement of the unknown impedance,
Zm. As reported is Fig. 3.19(a), before being applied to the measurement circuit, the input
signal, vin(t), is first conditioned through a first-order high-pass filter (HPF), implemented
as a CR (R1F = 1 MΩ and C1F = 1 µF) network followed by a voltage follower (VF),
with a cut-off frequency of 0.16 Hz in order to remove the DC offset from the input signal,
vin(t). After this stage an attenuation network of -16 dB (R1s and R2s = 68 Ω; Rser =
150 Ω) is implemented to the input signal before the inverting stage.

For the analysis of Zm, a 100mV peak-to-peak signal is applied to two paths: a
reference stage with fixed gain Gp ≈ R2p/R1p ≈ 4.7 (where R2p = 4.7 kΩ and R1p = 1 kΩ)
and the measurement stage.

The reference stage is designed to compensate for the 90◦ phase shift introduced by
the op-amp configuration and to synchronize the two signals.

The measurement stage employs an inverting configuration using a wideband FET-
input op-amp (THS4631) in a dynamic gain configuration, implemented with a resistor
bank controlled by two multiplexers. This ensures a gain ratio below +20 dB, thereby
guaranteeing the maximum achievable bandwidth (GBW) of the amplifier for the selected
configuration.

Two ultra-low-noise instrumentation amplifiers (INA849) with 0 dB gain amplify vref(t)

along the reference path and vm(t) along the measurement path. This setup decouples
the current path from the voltage measurement path, allowing both 2-electrode and 4-
electrode configurations.

Once the signal has been extracted from the instrumentation amplifier (IA), is applied
to the input of the AD8302. The AD8302 is a commercial IC, originally designed for
RF/IF gain and phase detection up to 1 GHz. The IC exhibits a mean sensitivity of 30
mV/dB for the modulus and 10 mV/degree for the phase. Since the linearity range is
approximately ±30 dB for the modulus and between 0 and 180◦ for the phase, the bank
of resistor is dimensioned in order to mantain a ratio less than +20 dB for the impedance
range from 100-1 MΩ. In order to use this IC at low frequency the input stage network
is dimensioned to impedance matching (RN1 and RN1 = 50 Ω) and move the nominal
high-pass corner frequency, fHP, of this loop that is set internally at 200 MHz but it’s
lowered by adding external capacitance to the input stage network. In this case, external
capacitances CN1 and CN2, each equal to 100µF, are added to set the high-pass corner
frequency, fHP, at 31Hz.

In the IC, each log amp consists of a cascade of six 10 dB gain stages with seven associ-
ated detectors. The individual gain stages have 3 dB bandwidths in excess of 5 GHz. The
signal path is fully differential to minimize the effect of common-mode signals and noise.
Since there is a total of 60 dB of cascaded gain, slight dc offsets can cause limiting of the
latter stages, which may cause measurement errors for small signals. In order to test the
architecture, the designed circuit is implemented in a 4-layer PCB with thermal dissipa-
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tion with a dual-supply of ±5V. The analog front-end incorporates a signal conditioning
architecture for DC offset elimination the input signal, followed by an attenuation stage
of 16 dB. The low-impedance signal is then distributed across two critical signal paths:
a fixed-gain inverting operational amplifier configuration generating a reference signal as
reported in Fig. 3.19(b), while a dynamic operational amplifier configuration adapts to
the unknown impedance under test, Fig. 3.19(c). The processed signals are subsequently
applied to the input of INA849 high-bandwidth, ultra-low noise instrumentation amplifier,
to ensures signal integrity and decouple the current path to the measured voltage path.
In the final stage, the conditioned reference and test signals are simultaneously applied
to the AD8302, Fig. 3.19(d), for comprehensive signal analysis.

The fundamental logic behind the dynamic gain control of the inverting amplifier
focuses on precisely managing the ratio between the reference resistance Rset and Zm

across the entire frequency spectrum, an approach already used in one of our previous
works [75]. This strategic approach aims to maintain the circuit’s operation within the
linear range while simultaneously expanding the measurable impedance spectrum. By
dynamically adapting the gain, the circuit can mitigate significant performance limitations
that arise from substantial impedance mismatches. Substantial differences between Rset

and Zm can lead to bandwidth reduction, resulting in signal attenuation and consequent
estimation errors of the device’s impedance characteristics. To address these challenges,
a feedback gain control mechanism is implemented through a dynamically configurable
resistance bank. This bank is selectively switched via a multiplexer, which is controlled
by a microcontroller (µC). The µC’s primary function is to optimize Rset selection for the
unknown impedance, while maintaining a critical constraint of keeping the ratio between
reference voltage vref (t) and measurement voltage vz(t) below 20 dB while sampling the
signal an analog-to-digital converter (ADS1115). By continuously monitoring the ratio
variations between these two signals, the system can adaptively and opportunistically
select the most appropriate Rset to ensure optimal measurement accuracy and linearity
across varying impedance conditions.

The AD8302 takes the difference in the output of two identical log amps, each driven
by signals of similar waveforms but at different levels. Since subtraction in the logarithmic
domain corresponds to a ratio in the linear domain, the resulting output becomes:

VMAG = VSLP (VINA/VINB) (3.24)

mag(dB) = log10

(
VINPA

VINPB

)
=

VMAG − V0dB

30 mV
(3.25)

where VINA and VINB are the input voltages, VMAG is the output corresponding to the
modulus of the signal level difference, and VSLP is the slope of 30 mV/dB.

The log amplifier architecture comprises cascaded linear and limiting gain stages with
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demodulating detectors. The output of the final stage in each log amp is a fully amplitude-
limited sinusoidal signal over the majority of the input dynamic range, preserving phase
information. These conditioned signals are subsequently applied to an analog vector
(multiplicative) phase detector, which performs a continuous-time multiplication of the
two inputs. After low-pass filtering (CF1,CF2 = 10 µF), the detector generates a DC
voltage proportional to the cosine of the phase difference between the inputs, rendering the
measured phase independent of input signal amplitudes and providing a linear response
over a defined central phase range. The phase output has the general form:

VPHASE = Vϕ(ϕVINA − ϕVINB) (3.26)

θ(degree) = [θINPA − θINPB] =
V0° − VPHASE

10 mV
(3.27)

where Vϕ is the phase slope of 10 mV/degree and ϕ is each signal’s relative phase in
degrees. To ensure accurate phase estimation across the entire frequency sweep, refer-
ence voltages corresponding to 0◦ phase (V0°) were experimentally acquired for each test
frequency and used in the calculation.

3.2.2 Noise Analysis

Fig. 3.20 presents the input-referred noise spectral density, expressed in nV/
√
Hz, for the

output of the logaritmic amplifier. Integrating the spectra over the 100 Hz–10 MHz band,
the resulting Vmag,noise and Vphase,noise are respectively 1.08 mV and 1.11 mV. These results
indicate that thermal noise, flicker noise (1/f), and shot noise represent the main limiting
factors.

Figure 3.20: Input-referred voltage noise spectra for the output Vmag,m under nominal operating
conditions.

The SNR calculated at the analog front-end preceding the AD8302 reaches a maximum
of 31.1 dB, in agreement with expectations for a wideband INA–op-amp stage. Measured
SNR varies from 25 to 31 dB across the investigated frequency range, peaking around 1
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kHz. The SNR reduction at low frequencies is consistent with flicker noise contributions,
while degradation at higher frequencies is primarily due to broadband noise integration.

The following AD8302 phase and gain detector exhibits a dynamic range of 58 dB for
magnitude and 46.3 dB for phase, enabling accurate measurement of amplitude and phase
variations over a wide range. Overall, the observed SNR and dynamic range behavior
aligns with the expected performance of a wideband INA–op-amp front-end.

3.2.3 Results and Discussion

To evaluate the IC performance, experimental bench tests were conducted to assess the
estimation accuracy of modulus and phase. A 4-layer PCB was designed, as shown in
Fig. 3.21, and powered with a ±5V dual supply. However, the board layout and com-
ponents are also designed to support a ±12V supply, allowing higher output compliance
when needed.

Figure 3.21: Picture of the experimental setup featuring the designed PCB implementing the
proposed polar demodulation architecture. The setup includes analog front-end circuitry and
interfacing points for external signal sources and measurement equipment.

The circuit was tested using bench instruments from Teledyne LeCroy, including a
T3PS33203P power supply, a T3AFG30 waveform generator, and an HDO6054 bench
oscilloscope. The proposed PCB consumes 500mW of power over the entire frequency
range, while output values from the peak detectors and the phase detector were acquired
by a microcontroller for further processing and analysis.

The initial validation involved evaluating the electronic interface of the AD8302 through
signals with known phase shifts and attenuations in dB, as shown in Fig. 3.22(a) and in
Fig. 3.22(b). As depicted in Fig. 3.22(a), the output voltage Vphase characteristics were
analyzed across a phase shift range of ±180◦, including a detailed measurement error
analysis. Complementarily, Fig. 3.22(b) presents the Vmag voltage variation in relation
to the decibel attenuation between inspected signals, along with the corresponding error
evaluation.
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The experimental results corroborate the manufacturer’s datasheet specifications, re-
vealing a linear estimation range for modulus between ±20 dB and a phase measurement
error confined within acceptable tolerances.

Figure 3.22: a) Phase voltage (Vphase) output at various phase shift values (blue dots), with
corresponding phase estimation error reported in degrees (red dots); b) modulus voltage (Vmag)
output across different decibel levels (blue dots), with corresponding modulus estimation error
reported in dB (red dots)

The tests conducted involved using a signal generator for the input signal, while an
ADC was incorporated into the circuit PCB for reading the output signal. The tests
were carried out through three independent experiments, and the standard deviation is
reported in Fig. 3.23. The test impedance, shown in Fig. 3.23(a), was used to evaluate
the electronic interface through a load characterized by a high phase shift and a reduction
of the impedance modulus.

A phase calibration was performed at each frequency point to verify the theoretical
response of the phase detector and to establish the zero-phase reference voltage, V0°,
used in subsequent phase calculations. For this calibration, both input channels were
driven with sinusoids of identical amplitude and frequency, aligned in phase (i.e., 0◦ phase
difference). The output voltage of the phase detector under these conditions was recorded
as V0°. This reference value compensates for any offset in the detector and ensures that
phase measurements remain accurate across the entire frequency sweep.

Since the electrode–tissue interface can significantly affect bioimpedance measurements–
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especially when dry electrodes are used—its contribution was also evaluated by inserting
an electrode contact model in series with each Zm [76]. Measurements were therefore
repeated both with and without the electrode impedance to quantify its effect on the
reconstructed modulus and phase.

The electrode model was derived from the characterization reported in [77], where the
electrode–skin interface is described as a series resistance followed by a parallel combi-
nation of a charge-transfer resistance and a double-layer capacitance. Accordingly, the
electrode impedance used in this work was modeled as

Zel(ω) = Rs +

(
Rct

∥∥ 1

jωCdl

)
(3.28)

with
Rs = 680 Ω, Rct = 34 kΩ, Cdl = 200 nF.

These parameters reproduce the typical dispersive behaviour and increased low-frequency
impedance of non-gelled dry electrodes, and were included to assess their influence on the
overall impedance measurement.

To evaluate the performance of the proposed circuit, experimental tests were conducted
using multiple discrete model cells, Zm, as illustrated in Fig. 3.23, Fig. 3.24 and Fig. 3.25.
For each model cell, measurements were performed at three frequencies per decade and
compared with the theoretical transfer function of the corresponding impedance consid-
ering also the contribution of the electrode impedance Zel, with a signal source applied
to the input. The measured responses show excellent agreement with the theoretical
predictions, confirming the capability of the proposed circuit to perform high-accuracy
impedance measurements, capturing both modulus and phase (up to 60◦) over a wide
frequency range from 100 Hz to 10 MHz.

The first model cell, shown in Fig. 3.23(a), consisted of a parallel combination of a
6.8 kΩ resistor and a 2 nF capacitor, connected in series with a 330 Ω resistor [55].

Additionally, two further impedance models were considered—a breast cancer cell
model [56] and a biceps Cole-Cole impedance model [57]—with their respective results
shown in Fig. 3.24 and Fig. 3.25. The experimental results obtained with the proposed
circuit exhibit remarkable agreement with the theoretical values derived from the Zm

transfer function, both in terms of modulus and phase. Fig. 3.23(b-d), Fig. 3.24(b-
d), and Fig. 3.25(b-d) present the corresponding error analysis of the results shown in
Fig. 3.23(a-c), Fig. 3.24(a-c), and Fig. 3.25(a-c). The maximum modulus deviation ob-
served is 14.46%, where the theoretical impedance is approximately 1690 Ω, corresponding
to an absolute estimation error of roughly 266.92 Ω. The maximum measured phase er-
ror of 5.73◦ with the AD8302 is consistent with its specifications, mainly arising from
intrinsic nonlinearity and input mismatches. Since the detector exhibits the largest inac-

64



Figure 3.23: (a) Experimental and theoretical comparison of impedance modulus and phase for
the first model cell over the 100 Hz–10 MHz frequency range. Data are presented as mean
± SD from three independent measurements. (b) Frequency-resolved error analysis displaying
phase deviations (degrees) and modulus differences (percent) at each measured frequency. (c)
Experimental and theoretical comparison of impedance modulus and phase for the first model cell
including the contribution of the electrodes, Zel, over the 100 Hz–10 MHz frequency range. Data
are presented as mean ± SD from three independent measurements. (d) Frequency-resolved
error analysis displaying phase deviations (degrees) and modulus differences (percent) for the
electrode-included impedance at each measured frequency.

curacies near 0◦ and ±180◦ (up to 8◦), operating outside these critical regions explains
the limited error observed. The very low phase deviation further indicates that this error
is deterministic, confirming the stability and repeatability of the system.

Performance Comparison with Literature

The use of commercial ICs, as reported in the literature, enables impedance spectrum
analysis within a limited frequency range of less than 1 MHz. In contrast, this circuit
solution employs high-performance components to achieve a broader frequency spectrum,
making it suitable for applications from 100 Hz up to 10 MHz. This extended range al-
lows the developed circuit to address both low-frequency and high-frequency bioimpedance
measurements. As shown in Table 3.3, compared to commercial IC-based solutions, the
achieved frequency span is one order of modulus higher (about 10× wider) while main-
taining reduced estimation errors for both modulus and phase.

Previous works, such as the BIS device developed by [79], demonstrated gain–phase
detection using the AD8302 IC but exhibited significant limitations at both low frequen-
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Figure 3.24: (a) Experimental and theoretical comparison of impedance modulus and phase
for a breast cancer cell model over the 100 Hz–10 MHz frequency range. Data represent the
mean ± SD from three independent experiments. (b) Frequency-resolved error analysis showing
phase differences (degrees) and modulus deviations (percent) at each measured frequency. (c)
Experimental and theoretical comparison of impedance modulus and phase for a breast cancer
cell model including the contribution of the electrodes, Zel, over the 100 Hz–10 MHz frequency
range. Data represent the mean ± SD from three independent experiments. (d) Frequency-
resolved error analysis showing phase differences (degrees) and modulus deviations (percent) for
the electrode-included impedance at each measured frequency.

cies (below 20 kHz) and high frequencies (above 1 MHz), with validation on RC test
circuits. Additional AD8302-based studies [72, 73, 74] have further highlighted challenges
related to low-frequency accuracy, dynamic-range constraints, and bandwidth limitations.
In particular, [72] applied the AD8302 to discriminate different types of meat but operated
within a restricted spectral range limited to approximately 100 kHz; [73] characterized
mixtures of mineral water and milk across 100 Hz–100 kHz, likewise constrained to the
low-frequency regime; and [74] performed measurements on RC test impedances designed
to emulate basic bioimpedance behaviours, covering a frequency span from 10 kHz to
125 kHz. In contrast, this work broadens the frequency range to 100 Hz–10 MHz, ex-
tending both the lower limit and the conventional upper limit near 1 MHz by one decade,
while maintaining high accuracy. This is enabled by an adaptive dynamic-gain and a
matched reference path that prevent over-range at the AD8302 inputs and actively com-
pensate inter-path mismatches, preserving linear scaling and reducing systematic errors
across the entire bandwidth.
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Figure 3.25: (a) Experimental and theoretical comparison of impedance modulus and phase for a
Cole–Cole model of biceps tissue across the 100 Hz–10 MHz frequency range. Data are presented
as mean ± SD from three independent measurements.(b) Frequency-dependent error analysis
showing phase deviations (degrees) and modulus differences (percent) for each frequency point.
(c) Experimental and theoretical comparison of impedance modulus and phase for a Cole–Cole
model of biceps tissue including the contribution of the electrodes, Zel, across the 100 Hz–10 MHz
frequency range. Data are presented as mean ± SD from three independent measurements.(d)
Frequency-dependent error analysis showing phase deviations (degrees) and modulus differences
(percent) for the electrode-included impedance at each measured frequency.

Table 3.3: Performance summary and comparison with state-of-the-art works

IC Frequency
Range [Hz]

Impedance
Range [Ω]

Modulus
Error [%]

Phase
Error [°]

This work AD8302 100–10M 100–1M 14.42 5.73
[67] AD5933 1–100k 100–1M 1 1
[68] AD5933 1–100k * * *
[69] AD5933 1k–100k 100–1M * *
[78] AD5933 1k–100k 100–1M 3.5 2.8
[70] AD9850 5–200k * 10 *
[71] AD9850 10–100k * 10 *
[72] AD8302 10k–100k * * *
[73] AD8302 100–100k * 1.5 *
[74] AD8302 10k–125k * 10 2
[79] AD8302 20k-1M 9–5.7k 5.13 0.4
[80] MAX30009 1k–500k 10–100k * *
[81] AD5941 10k–150k 10–100k 4.3 3
[82] AD5941 10k–125k 10–100k 10 2
[83] AFE4300 1k–511k 1-10k * *

* Not reported.
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3.3 Improving the performance of Bio-Impedance Spec-

troscopy via Dynamic Direct Sampling : design and

test of a low-Cost Microcontroller based device

Placed within the broader framework of digital demodulation techniques, the direct sam-
pling approach represents a natural evolution toward fully digital impedance measurement
systems. In this method, the signal is directly digitized without analog down-conversion,
enabling the extraction of amplitude and phase information entirely in the digital domain.
This significantly simplifies the analog front-end while improving flexibility, accuracy, and
measurement speed.

Unlike traditional analog demodulation, direct sampling eliminates the need for phase-
shifting networks and narrowband filters, allowing the use of higher-bandwidth low-pass
filters (LPFs) that readily satisfy ADC anti-aliasing requirements. Moreover, by avoiding
intermediate frequency conversion, the system achieves higher measurement throughput
and reduced latency.

Building on this concept, the proposed work introduces a portable and low-cost impedance
measurement device that integrates dynamic sampling through firmware optimization and
a tunable circuit architecture. The system directly quantizes the impedance-modulated
signal, while an adaptive acquisition algorithm dynamically adjusts sampling parameters
to optimize performance [Paper V]. This strategy minimizes memory usage, accelerates
frequency transitions, and shortens overall measurement time—ensuring fast, efficient,
and safe bioimpedance data acquisition.

3.3.1 System Overview

The proposed portable system consists of a MCU and an analog electronic front-end which
is responsible for the control and stimulation of the sample, realized through a modulated
constant current signal. The designed PCB for the electronic interface measures 40×80
mm and functions as a shield for an MCU evaluation board, which has dimensions of
90×60×15 mm, as shown in Fig. 3.26(b). The proposed system aims to leverage the
architecture of the MCU to generate and sample the signal using an automated algorithm
for dynamic sampling and optimal parameter selection for each measurement, thus avoid-
ing large buffer variables and unnecessary memory space occupation. By maximizing the
performance of the used MCU through the management and configuration of peripherals,
a maximum sampling frequency of 2.4 Msps can be achieved, allowing optimal sampling of
signals to a maximum of 200 kHz. The optimized configuration of the peripherals through
the developed algorithm enables dynamic sampling, which saves measurement and data
transmission time. Specifically, to perform 30 frequency measurements between 10 Hz
and 200 kHz, a total measurement time of 53.5 seconds is required. This includes ADC
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sampling, DMA transfer, and data transmission. With dynamic sampling frequency, the
time required to collect 1500 samples ranges from 625 µs at the highest sampling rate
to 650 ms at the lowest. This frequency range is particularly relevant for impedance
spectroscopy applications, which typically operate between 0.1 Hz and 100 kHz [84]. Ad-
ditionally, another area of application could be bioelectrical impedance analysis, which
includes two modes: SF-BIA, or single frequency bioelectrical impedance analysis, where
the inspected frequency is typically 50 kHz [85, 86]; and MF-BIA, or multi-frequency
bioelectrical impedance analysis, with a range of interest from 5 kHz up to over 200 kHz
[87].

Figure 3.26: a) Developed GUI; b) Developed electronic interface connected to MCU board.

Analog front-end

The proposed system, shown in Fig. 3.27, is based on the use of a small current stimulus
as excitation signal: this approach avoids applying excessively high currents that could
damage the sample under analysis. The excitation signal is generated by the Analog De-
vices AD9833 integrated circuit, which is a low-power programmable waveform generator.
Its internal frequency registers are 28 bits wide: with a 25 MHz clock rate, a resolution
of 0.1 Hz can be achieved. The communication protocol is a 3-wire serial interface, which
operates at clock rates up to 40 MHz and is compatible with DSP and standard microcon-
trollers. The IC operates at 3.3 V. Since the signal generated by the AD9833 ranges from
38 mV to of 650 mV, a signal attenuation stage has been implemented using a buffered
resistive voltage divider consisting of two multiplexers. The AD9833 IC acts as a Voltage-
Controlled Current Source (VCCS), providing a variable current output proportional to
the set resistance. The set resistance also aids in reducing the error introduced by the
delay of the VCCS in the generated signal. In fact, the voltage across the reference resis-
tor exhibits the same phase as the current. Therefore, serves as a reference for measuring
the phase and magnitude of the unknown impedance, mitigating the effect of the delay
introduced by the VCCS and nonlinearities. Because the AD9833 generates a fully pos-
itive signal, the next stage consists of a variable offset generator which allows centering
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the signal on a specific offset baseline. The signal attenuation and offset generation are
achieved through the use of a bank of resistors controlled by a digital switch. Once the
sinusoidal current signal is generated through the VCCS and shifted with the desired
offset, it is then conditioned through a low pass filtering stage.

Figure 3.27: Schematic circuit design proposed for the analog front-end circuit consisting of:
signal generator; conditioning and filtering of the signal; application of the signal to the unknown
impedance.

Figure 3.28: Schematic of the dynamic gain non-inverting amplifier.

The implemented filter is a first order buffered RC Low-Pass Filter with a cutoff fre-
quency of 300 kHz. The impedance control and current application stage to the unknown
impedance is realized using a wide bandwidth operational amplifier OP484 (Analog De-
vices) in a non-inverting amplifier configuration. It consists of the unknown impedance
in the feedback path Zimp and a bank of resistors managed by a multiplexer for tuning
the applied current for the impedance inspection. Using a non-inverting configuration, as
shown in Fig. 3.28, the bandwidth gain can be expressed as equation (1).

70



A = 1 +
Zimp

Rset

(3.29)

Since Zimp is an unknown impedance, it is crucial to evaluate the optimal operating
point of the amplifiers to avoid bandwidth attenuation or phase variations due to dynamic-
gain amplifier behavior. After the non-inverting amplifier stage with variable gain, there
is a signal buffering stage before uC ADC channels. This buffering stage is implemented
using two voltage followers for impedances matching between the ADC and the previous
stage.

MCU setup and algorithm

The microcontroller used belongs to the STM32F407xx family and is based on the high-
performance Arm Cortex-M4 32-bit RISC core operating at a frequency of up to 168 MHz.
The microcontroller has been programmed to optimize the use of the ADC for sampling
to minimize resource usage in terms of memory and achieve dynamic sampling based on
the input frequency. Specifically, two channels of the internal ADC, ADC1 and ADC2,
were used in DUAL REGULAR SIMULTANEOUS MODE, where the two converters are
synchronized in terms of sampling time and conversion time. The ADC is configured
to achieve a resolution of 12 bits, enabling the following CCM (Continuous Conversion
Mode) and DMA Continuous Requests. Internally, the ADC has a minimum prescaler
that needs to be set, which is divided by two. Considering the highest sampling rate, the
calculation for Fast conversion mode:

PCLK2
15 ADCCLK cycles

= 2.4 MSps (Mega Samples per second) (3.30)

Table 3.4: ADC Settings of STM32F407 Microcontroller

AHB Prescaler APB2 Prescaler PCLK Sampling Rate
512 16 8.78 kHz 585 sps
64 16 70.31 kHz 4.7 ksps
16 8 562.6 kHz 37.5 ksps
8 4 2.25 MHz 150 ksps
4 2 9 MHz 600 ksps
2 2 36 MHz 1.2 Msps
1 2 72 MHz 2.4 Msps

Sampling under these conditions would result in a fixed acquisition frequency, leading
to over-sampling issues. Therefore, an algorithm has been developed that allows real-time
adjustment of the acquisition frequency based on the signal being acquired. By changing
the acquisition frequency, and consequently the internal clock frequency, the communica-
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tion parameters are also adjusted accordingly as reported in Table 3.4. However, thanks
to this optimization of the sampling and data transmission process, the communication
speed remains constant, with only the acquisition frequency being changed. From the
block diagram of the acquisition process, it can be observed that the process is repetitive
as reported in Fig. 3.29.

Figure 3.29: Schematic diagram of the steps of the implemented algorithm.

This process consists of several steps:
1. Selection of the stimulation sinusoid frequency.
2. Checking the signal to correctly set Rset.
3. Simultaneous reading from the two ADCs.
4. Configuration of the clock for the next acquisition.
5. Saving data from the ADC registers via DMA transfer to volatile variables.
6. Unpacking the burst of values from the DMA.
7. Reconfiguration of the clock for data transmission via the serial port.
This process is then repeated based on the number of set frequency scans. The main

advantage of this control flow is the ability to sample low-frequency signals using the
internal clock prescalers of the microcontroller, avoiding the need to buffer large amounts
of samples. At lower sampling frequencies, even signals with lower frequencies will require
only a few periods.

Signal Processing & Parameter Calculation

The real-time data analysis of the received data from the microcontroller was performed
using MATLAB (MathWorks, USA). The analysis focused on both the total impedance of
the set resistor and the impedance of the sample to be analyzed without the presence of
Rset. This was achieved by sampling both the signal at Rset and the signal corresponding
to the total impedance simultaneously.
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Ztot = Zimp +Rset (3.31)

Having both the input and output signals, after calculating the magnitude and phase
of the signal through Fourier transform of the total impedance, we used the Fast Fourier
Transform (FFT) to speed up the operation effectively. The FFT transforms an N -point
time-domain signal into an N -point frequency-domain signal, and the input time-domain
signals are referred to as the real and imaginary parts, corresponding to the outputs in
the frequency domain.

|Ztot| =
|Vtot|∣∣∣ Vin
Rset

∣∣∣ (3.32)

∠Ztot = tan−1

(
Ztot-im

Ztot-re

)
(3.33)

The transfer function of the total impedance was calculated as:

Vout

Vin
=

Zimp +Rset

Rset
(3.34)

and consequently, the transfer function of only Zimp can be written as:

Zimp =

(
Vout

Vin
− 1

)
Rset (3.35)

To evaluate the effectiveness of the circuit, calibrations were performed by reproduc-
ing representative impedances pertaining to biomedical and biological applications. The
impedance values were obtained from the literature and adapted for commercially avail-
able components, including the Cole-Cole model for biceps [57], circuits for breast cancer
cells [56], and forearm [88].

Measurements were taken for each unknown impedance, with a frequency spectrum
ranging from 10 Hz to 200 kHz and an input sinusoid amplitude tuned in current based on
the impedance of interest, from 30 µA to a maximum of 638 µA. The measurements were
then compared with the theoretical calculation of the transfer function corresponding to
the measured impedance.

3.3.2 Results and Discussions

The measured impedances are reported in Fig. 3.30, comparing the experimental results
with the calculated results through the transfer functions of each individual impedance.

Figs 3.31(a), 3.31(b), and 3.31(c) show excellent performance in terms of modulus
and phase for both the unknown impedance Zimp and the total impedance including Rset.
Most errors occur at higher frequencies, where the sampling of the sinusoidal signals is
less dense.
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Figure 3.30: Electrical model of tested impedances: a) Biceps [57]; b) Breast cancer cells [56]; c)
Forearm [88]

Regarding measurement time, the developed algorithm reduces oversampling and re-
quires less memory to save data in real-time. Performance was evaluated by calculating
the relative error for magnitude and the error in degrees for phase. For the frequency
range of interest, the proposed EIS system achieved, in the worst case, a maximum mean
magnitude error of 3.48% and a maximum mean phase error of 1.71° for the impedance
under measurement Zimp. The primary source of error at higher frequencies can be at-
tributed to parasitic capacitance. For the total impedance, including the set resistor,
the worst-case maximum mean magnitude error was 0.73% and maximum mean phase
error was 0.31° for Ztot. The power consumption of the device was monitored during
measurement using a USB current meter and resulted in a power increase of 155 mW.
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Figure 3.31: Comparison between simulated (solid lines) and experimental (dotted lines) fre-
quency spectra of the equivalent electrical circuits: (a) biceps muscle [57], (b) breast cancer cells
[56], and (c) forearm [88]. In all cases, the black curves represent Zimp, while the red curves
represent Ztot.



Table 3.5: Comparison of devices for impedance analysis and EIS

Device Cost
Frequency
Range [Hz]

Impedance
Range [Ω]

Meas.
Time

Error
Mag. [%]

Circuit
Topology

CPU

This work 30 $ 10–200 kHz 100 Ω–800 kΩ 625 µs–650 ms <1
Non-inv.
amplifier

MCU

Agilent 4294A 24k $ 40–110 MHz 3 mΩ–500 MΩ 200 ms 0.08 * *

ZXP ZX70A 3k $ 20–500 kHz 0.01 mΩ–99.99 MΩ
4 s /

400 pts
0.1 * *

Sensit Smart 1k $ 16 mHz–200 kHz * * * * *

[89] 100 $ 0.01–100 kHz 10 Ω–10 GΩ
30 s /

1 kHz–100 kHz
<5

Log.
amp

MCU

[90] 25 $ 0.01–50 kHz 1 Ω–50 kΩ * <5 * MCU

[91] <80 $ 2–1.5 kHz 200 Ω–1 MΩ * <15
Pot.

3-electrode
MCU

[67] 100 $ 1–100 kHz 100 Ω–1 MΩ * <8
Gain and

phase detector
MCU

[92] 45 $ 100–500 kHz 10 Ω–100 kΩ
800 ms /
33 pts

<2.5
Auto.
bridge

FPGA

[93] 95 $ 10–1000 kHz 100 Ω–200 kΩ
460 ms /
28 pts

0.3
Auto.
bridge

FPGA

[94] * 0.1–10 kHz 1 kΩ–1 GΩ * 4
Auto.
bridge

DSP

[95] * 1 kHz–10 MHz 100 Ω–10 MΩ
3.5 ms /
single pt

<1
Auto.
bridge

FPGA

[96] 400 $ 10–1000 kHz 1 Ω–10 kΩ
72 ms @1 kHz /

single pt
<2

4-term
diff. amp

FPGA

[74] 90 $ 10–125 kHz 2 Ω–2 MΩ * <10
IC

AD8302
MCU

* Not reported
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3.4 Summary and Future Perspectives

This chapter provided an overview of bioimpedance spectroscopy (bio-Z), covering mea-
surement principles, circuit architectures, and interface design considerations for accurate
tissue characterization. Key topics included the electrical properties of biological tis-
sues, electrode configurations, and the influence of electrode-tissue interface impedance
on measurement accuracy. Current-mode bio-Z interfaces were analyzed, highlighting cur-
rent generators, voltage readout stages, and ADCs, with discussion of trade-offs between
power consumption, linearity, and measurement precision.

Two main demodulation strategies were examined: I/Q and polar. I/Q demodulation
offers high accuracy, robustness to noise, and flexible digital post-processing but comes at
the cost of increased power and circuit complexity. Polar demodulation provides a sim-
pler, energy-efficient, and compact solution suitable for wearable or implantable systems,
though careful calibration is required to mitigate offsets, noise, and harmonic distortion.
ADC selection, whether SAR or ∆Σ, also affects interface gain, SNR, and latency.

Several notable circuit implementations were reviewed to illustrate these concepts.
One approach employed polar demodulation with dedicated reference paths, achieving
operation up to 1 MHz with amplitude and phase errors below 11% and 0.51°, minimizing
sensitivity to delays and comparator errors. Another utilized the AD8302 IC to create
a linear measurement circuit up to 10 MHz, incorporating reference paths and gain con-
trol to compensate for phase and attenuation variations while supporting both 2- and
4-electrode configurations. A third implementation focused on a portable, low-cost device
operating from 10 Hz to 200 kHz, using a dynamic-gain amplifier and optimized micro-
controller sampling to achieve fast and accurate measurements while preserving linearity
and minimizing thermal effects on biological samples. These works collectively demon-
strate that innovative circuit designs can enhance measurement accuracy, bandwidth, and
portability in bio-Z systems.

Looking ahead, advancements in low-power mixed-signal design, miniaturization, and
integration are expected to further improve portable and wearable bioimpedance devices.
Future systems will likely combine optimized current generators, low-noise voltage read-
outs, and adaptive demodulation to balance accuracy, energy efficiency, and compactness,
enabling continuous, long-term monitoring of physiological parameters. Developments in
hybrid analog-digital processing, on-chip calibration, and intelligent signal reconstruction
will further enhance robustness against electrode variability, motion artifacts, and tissue
heterogeneity, expanding the potential applications of bio-Z spectroscopy in healthcare,
rehabilitation, sports, and biosensing research.
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Chapter 4

Toward Integrated Electrical
Stimulation for Reverse Iontophoresis

The use of electrical stimulation in medicine dates back to ancient Egypt, where electric
catfish were employed to relieve joint pain [97]. In the eighteenth century, Luigi Galvani
observed that a frog’s leg twitched when exposed to an electrical spark, laying the foun-
dation for the study of electrophysiology [98]. During the nineteenth century, Michael
Faraday’s research furthered the understanding and control of electrical currents, leading
to early devices designed for pain relief and muscle stimulation [99]. With advancements
in electronic technology, electrical stimulation devices have become increasingly sophis-
ticated, supporting the treatment of various medical conditions and the enhancement of
muscle and motor function. Although not a new technique, electrical stimulation con-
tinues to evolve and remains a valuable tool in medical and therapeutic interventions.
This chapter presents the design and implementation of a versatile, configurable electrical
stimulation system engineered to provide accurate and safe current pulses, suitable for a
wide range of research and clinical applications.

4.1 Stimulation methods

The design of stimulation circuits is inherently tailored to the specific application, with
several critical factors influencing the overall architecture. These typically include the
electrode type and configuration, the chosen stimulation mode, as well as waveform shape
and pulse parameters. Since each application presents distinct functional requirements
and design constraints, a thorough understanding of these aspects is essential for achieving
optimal performance.
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4.1.1 Electrode Configurations and Modeling

In electrical stimulation, electrical pulses are delivered to the body through transcutaneous
electrodes. The two most common electrode arrangements are the monopolar and bipolar
configurations, as illustrated in Fig. 4.1. Their main differences arise from the geometry,
size, and placement of the electrodes.

In a monopolar configuration, stimulation is applied using a working electrode (WE)
referenced to a larger counter electrode (CE). Typically, the smaller WE is positioned
directly over the muscle’s motor point, while the CE is placed over the antagonist muscle.
Because the CE spreads the ionic current across a larger surface, the current density be-
neath it is relatively low, resulting in localized excitation near the WE. This arrangement
is advantageous for targeting specific muscles with spatially focused stimulation.

In contrast, the bipolar configuration employs two electrodes of equal size, both acting
as working electrodes. Here, the current density is more evenly distributed between the
two electrodes, allowing current to flow longitudinally through the muscle. This arrange-
ment generally produces stronger and more balanced muscle contractions. Accordingly,
bipolar stimulation is frequently used in therapeutic applications, such as motor rehabil-
itation and chronic or acute pain management [100].

Figure 4.1: Illustration of monopolar and bipolar electrode configurations used in electrical
stimulation.

4.1.2 Electrode-Skin Impedance Model

The electrode–skin interface (ESI) critically influences the effectiveness of stimulation
and the design requirements of the electrical stimulation system. A commonly adopted
approach is a lumped-element model of the interface, shown in Fig. 4.2. This model
represents:

• the bulk resistance of the electrode electrolyte, Rb,

• the impedance of the stratum corneum, ZSC, and

• the combined resistance of the dermis, subcutaneous fat, and deeper tissues, Rsub [101].
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The stratum corneum impedance, ZSC, includes both the lipid–corneocyte matrix and
ionic pathways through skin appendages. It can be modeled as a parallel combination of
a variable conductance, Gp, and a capacitance, Cp. The conductance Gp varies with the
stimulation current S(t) and can be expressed as [102]:

Gp(S) = apS(t) + bp (4.1)

where bp represents the baseline conductance in the absence of stimulation, and ap

quantifies the increase in conductance relative to the applied current. Understanding ESI
behavior is essential for predicting the current distribution and designing safe and effective
stimulation protocols.

Figure 4.2: Lumped-element model of the electrode–skin interface, summarizing the typical
values for resistive and capacitive components under current stimulation.

4.1.3 Charge Delivery Methods

The performance and comfort of electrical stimulation depend heavily on the total elec-
trical charge delivered to the target tissue. Two main approaches are used to control this
charge delivery: constant-current stimulation (CCS) and constant-voltage stimulation
(CVS). In both cases, the stimulator acts either as a current source or a voltage source,
with a switching mechanism that directs the required signal to the electrode. Figure 4.4
illustrates the circuit configurations and resulting waveforms for both modes.

Under CCS, the voltage across the electrode-skin interface (ESI) in response to a
current pulse i(t) can be expressed by:

v(t) = i(t)Rs + i(t)Rp

(
1− e−t/(RpCp)

)
(4.2)

where Rs is the series resistance, and Rp and Cp are the parallel resistance and capacitance
of the interface, respectively.

In the CVS configuration, if a pulse of voltage v(t) is applied, the resulting current
i(t) behaves as:

i(t) =
v(t)

Rs +Rp

−
(

v(t)

Rs +Rp

− v(t)

Rs

)
e−t/((Rs∥Rp)Cp) (4.3)
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Figure 4.3: Block diagram of CCS and CVS systems with the corresponding voltage and current
profiles generated by a pulsed input signal.

where Rs ∥ Rp denotes the parallel combination of Rs and Rp.
The time-varying behaviour of the ESI under CVS makes it more difficult to precisely

regulate the charge delivery. Because of this, CCS is often preferred in clinical stimulators
since it simplifies the delivery of a balanced charge, which is essential for safety. However,
in CCS operation, the voltage drop across the interface must be taken into account,
requiring sufficiently high compliance voltage in the supply.

If the stimulation pulse lasts for a maximum duration TST , the minimum supply voltage
VDD,min required to deliver a constant current IST can be approximated as:

VDD,min = ISTRs +
ISTTST

Cp

+ VH (4.4)

where VH represents the voltage headroom of the current driver. In practice, the compli-
ance voltage often needs to reach several tens of volts.

4.1.4 Charge Injection Waveforms

Charge-balanced current pulses, i.e, achieving zero net charges, is a common strategy to
minimize risks such as skin irritation, burns, and irreversible electrode polarization that
may cause electrode degradation [103]. Charge balance can be achieved either through
biphasic pulses (Fig. 4.4a)) or monophasic pulses (Fig. 4.4b)) followed by passive discharge
via a capacitor, as illustrated in Fig. 4.4c).

Pulse parameters vary according to the specific application. The stimulation current
amplitude (IST) and the phase duration (Tpd) determine the charge delivered during the
stimulation phase, expressed as:

QST = IST × Tpd (4.5)

Typically, IST ranges from a few milliamperes up to several tens of milliamperes, while
Tpd lies between 100µs and 400µs. These parameters directly influence the evoked muscle
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Figure 4.4: Commonly used charged-balanced stimulation waveforms.

force and are critical for ensuring safe stimulation.
The safety boundary for electrical stimulation can be expressed as [104]:

log(QDST) = k − log(QST) (4.6)

where QDST represents the charge density, obtained by dividing QST by the electrode
surface area, and k is a constant typically ranging from 1.5 to 1.8.

The stimulation frequency (fST) is generally set between 20 and 50Hz. Frequencies
below 16Hz are often insufficient to induce sustained contractions, while higher frequencies
can lead to rapid muscle fatigue [105]. The interphase delay (Tipd), representing the silent
interval between the two phases, usually ranges from 80µs to 100µs, helping to reduce
the stimulation threshold and improve overall efficiency [106].

Therefore, electrical stimulation systems must offer flexible programmability of multi-
ple waveform parameters to support diverse therapeutic and experimental applications.
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4.2 Biomedical Applications of Electrical Stimulation:

Iontophoresis and Reverse Iontophoresis

Iontophoresis (IP) is an advanced technique for transdermal delivery that exploits the
application of a low-intensity electrical potential difference (typically ⩽ 0.5mA/cm2).
This stimulus enhances the migration of ions across biological membranes, particularly
the skin, allowing the administration of both ionic and non-ionic drugs through the elec-
trochemical gradient generated by the applied field [107]. The total flux of a solute (J)
across the skin can be expressed as the sum of the contributions from electrophoresis
(JEP), electroosmosis (JEO), and passive diffusion (Jp):

J = JEP + JEO + Jp (4.7)

4.2.1 Electrophoresis

Electrophoresis describes the movement of ions induced by an applied electric field. In
this process, electronic current is converted into ionic fluxes through electrode reactions,
ensuring overall electroneutrality. Each ionic species contributes to charge transport ac-
cording to its transport number, with the sum of all transport numbers equal to unity.
Based on Faraday’s law, the electrophoretic flux of a given ion i can be expressed as:

JEP =
ti I

F Zi

(4.8)

where ti is the transport number of ion i, Zi its valence, F is Faraday’s constant, and I

is the applied current.

4.2.2 Electroosmotic Flow

Electroosmotic flow (EOF) represents the primary transport mechanism for uncharged
and high-molecular-weight species. At physiological pH, the skin carries a net negative
charge, making it selectively permeable to cations [108]. This selectivity induces a con-
vective solvent flow from the anode to the cathode, which in turn transports neutral
molecules.

The EOF velocity (vEO) is proportional to the applied electric field and can be de-
scribed by the Smoluchowski equation:

vEO = −ε ζ

η
E (4.9)

where ε is the dielectric permittivity of the medium, ζ is the zeta potential associated
with the fixed surface charge, η is the viscosity of the solvent, and E is the electric field.
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Under conditions of uniform conductivity, the electric field can be expressed as:

E = ρ I (4.10)

where ρ is the electrical resistivity of the medium and I is the applied current density.
The electroosmotic contribution to the solute flux for a neutral species j at molar

concentration cj is therefore:
JEO = vEO · cj (4.11)

The relative contributions of electrophoresis, electroosmosis, and passive diffusion de-
pend on the structure and physicochemical properties of the transported species. For small
ions, such as Na+ or Cl−, electrophoresis is typically the dominant transport mechanism,
whereas neutral solutes are primarily transported by electroosmotic flow and passive dif-
fusion.

4.2.3 Reverse Iontophoresis

Reverse iontophoresis (RI) is a diagnostic variant of iontophoresis that applies an electric
field to extract interstitial fluid (ISF) and its solutes through the skin for monitoring
purposes [109]. It enables non-invasive detection of biomarkers such as glucose, lactate,
urea, and selected drugs. The mechanisms underlying RI mirror those of conventional
iontophoresis, with solute transport governed by electromigration and electroosmosis.

According to Faraday’s law, the molar flux of an ion i is related to the partial current
it carries:

Ii = ZiFJi (4.12)

where Ii is the current carried by ion i, Zi its valence, F Faraday’s constant, and Ji its
molar flux.

The total current is given by the sum of all ionic contributions:

I =
∑

Ii (4.13)

Introducing the transport number ti =
Ii
I
, the molar flux can be expressed as:

Ji =
ti I

ZiF
(4.14)

Assuming constant current over a time interval T , the total molar amount of ion i

extracted is:
Mi =

ti I T

ZiF
(4.15)
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and the total extracted amount is:

M =
∑

Mi (4.16)

Due to the net negative charge of the skin at physiological pH, cation extraction is
favored, while electroosmotic flow significantly contributes to the transport of neutral
species. The efficiency of RI depends on several factors, including skin permeability,
electrode material, hydrogel conductivity, current intensity, and waveform characteristics.
Ag/AgCl electrodes are commonly employed due to their biocompatibility and electro-
chemical stability.

4.3 System architecture

The previous sections have outlined the general design requirements and associated chal-
lenges of electrical stimulation applications. This section further examines incremental
efforts toward integrated solutions for RI systems, specifically tailored for portable and
wearable implementations. As depicted in Fig. 4.5, the proposed architecture comprises
a configurable stimulator [Paper II], with a current-monitoring module for ensuring safe
stimulation, and a HV voltage generator. The following subsections will elaborate the
system.

4.3.1 Configurable Electrical Stimulator

The electrical stimulator circuit is the core building block in for the stimulation system,
serving as the output stage that interfaces with the skin. This system enable the stim-
ulation signal to a level sufficient to deliver current controlled pulses to the skin. The
devices incorporate microcontroller units (MCU) for precise control and programmability,
allowing for complex stimulation patterns and user-friendly interfaces.

4.3.2 Circuit Implementation

The developed device is composed of four main functional blocks, as shown in Fig. 4.5:

• High Voltage Power Supply: This block is needed to supply high voltages if
stimulating high-impedance loads.

• Voltage-controlled current sink: This circuital block is used to inject the desired
amount of current into the stimulated tissue, regardless of its impedance (within a
certain range). A current sink topology was chosen over a current source topology
in order to allow the use of low voltages as control signals, produced directly by a
DAC without the need of further conditioning (e.g., amplification stages).
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• Current mirror: The current mirror block is needed to apply to the stimulated
tissue the current produced by the current sink.

• H-bridge: The H-bridge block is used to apply biphasic stimuli to the tissue without
the need of a dual power supply.

Figure 4.5: Block diagram of the developed electronic interface.

The high voltage power supply is based on the R05-100B (RECOM Power GmbH,
Austria), a current mode DC/DC switching converter operating from a 4.5 V to 6 V
input value. The output voltage is equal to 120 V with an input voltage of 5 V and the
maximum output current is equal to 25 mA. The voltage-controlled current sink block is
implemented as shown in Fig. 4.6. The desired current is set by providing a voltage Vin,
on the non-inverting input pin of the op-amp U1 (an ADA4505, Analog Devices), through
the internal DAC of a µC (SAM3X8E ARM Cortex-M3, Atmel, San Jose, California USA).

Figure 4.6: Schematic of the voltage controlled current sink circuit.

The current IREF flowing through the load is given by the equation:
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IREF =
Vin

R1

(4.17)

In fact, as a current flows through the load, a voltage is obtained across R1. The
op-amp uses the sensed voltage as feedback and drives its output until the sensed voltage
is equal to the DAC output Vin. In this case, transistor Q1 (commercial device FDN86246,
Onsemi, Scottsdale, AZ, USA) operates in the linear region as a voltage-controlled resis-
tance.

The DAC used supports 12-bit resolution with a 3.3 V power supply. If R1 is equal
to 100 Ω, the sink current theoretically ranges from 0 to 33 mA with a minimum step of
8 µA (from Equation 4.17). A voltage Vcc equal to 120 V is provided by the high-voltage
power supply stage. The current mirror block is implemented as shown in Fig. 4.7.

Figure 4.7: Schematic of the current mirror circuit.

The P-MOS transistor Q1 (ZVP1320FTA, Diodes) works in saturation mode because
the drain is shorted to its gate. In this region, the thickness of the channel at the drain
decreases until it nullifies, and it is said that the channel is in pinch-off, for ∆L tending to
zero. The channel length decreases by an amount ∆L. As VDS increases, ∆L increases, so
in the saturation region, the slope of the curve also depends on VDS through the channel
modulation factor λ. It is possible to approximate λ as a parameter inversely proportional
to the channel length as:

l =

√
ε

qL2NA

≈ 107

L
√
NA

≈ 0.1 V−1 (4.18)

for typical L values in the simulation range.
In this case, the drain current ID1 is equal to IREF, given by:
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ID1 = IREF =
1

2

(
µpCox

W

L

)
Q1

(VGS − VTH)
2(1 + lVDS) (4.19)

If also Q2 (ZVP1320FTA, Diodes) is operating in saturation, its current is equal to:

ID2 = IOUT =
1

2

(
µpCox

W

L

)
Q2

(VGS − VTH)
2(1 + lVDS) (4.20)

so the relation between IOUT and IREF can be expressed as:

IOUT

IREF

=
ID2

ID1

=

(
1
2
µpCox

W
L

)
Q2

(VGS2 − VTH)
2(1 + lVDS)Q2(

1
2
µpCox

W
L

)
Q1

(VGS1 − VTH)2(1 + lVDS)Q1

≈ (W/L)Q2

(W/L)Q1

(4.21)

being VGS1 = VGS2.
Using two MOSFETs with the same aspect ratio W/L, IOUT is almost equal to IREF

(from Equation (4.21)). In the cascode configuration, transistors also operate in satura-
tion. The cascode mirror ensures improved output resistance and better accuracy because
transistors Q3 and Q4 stabilize the drain-source voltages of the mirroring transistors (Q1
and Q2) by buffering them from variations in the output voltage. This ensures a more
accurate current mirroring operation.

Figure 4.8: Schematic of the cascode current mirror circuit.

The H-bridge block is realized as shown in Figure 4.9. The H-bridge consists of six
controlled switches represented by the MOSFETs Q1, Q2, Q3, Q4, Q5, and Q6 (N-MOS:
FDN86246, Onsemi, Scottsdale, AZ, USA). The function of these MOSFETs is to control
the flow of current IREF through the load, represented by human tissue.

When MOSFETs Q1 and Q3 are ON (and Q2 and Q4 are OFF), a positive voltage
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is applied across the load, so IREF will flow from left to right, according to Figure 4.9,
through the tissue. When MOSFETs Q2 and Q4 are ON (and Q1 and Q3 are OFF), the
applied voltage is reversed and IREF will flow through the left branch of the tissue.

Q1 and Q3 are simultaneously controlled by the N-MOS Q5, while Q2 and Q4 are
simultaneously controlled by the N-MOS Q6. Control signals applied to Q5 and Q6 are
square waves with a specific duty cycle, frequency, and relative phase shift, generated by
a microcontroller (SAM3X8E ARM Cortex-M3, Atmel Corporation, San Jose, CA, USA)
with 3.3 V logic levels.

The shunt resistances R7 and R8 are used to measure the biphasic current flowing
through the tissue. Voltages VOUT1 and VOUT2 are applied to two INA amplifiers (INA819,
Texas Instruments, Dallas, TX, USA), whose gain has been set to 30 dB, to be amplified
and acquired by the microcontroller.

Figure 4.9: Schematic of the H-bridge circuit.

The desired current IREF is set by applying a specific Vin to the voltage-controlled
current sink block, through the internal DAC of the microcontroller. The produced IREF

is mirrored by the current mirror stage to the H-bridge. Controlling the H-bridge with
specific square wave signals allows injection of IREF in both monophasic and biphasic
modes.

A PCB was designed using the EDA software Autodesk Eagle (Version 9.6.2, Autodesk
Inc., San Francisco, CA, USA) and fabricated to test the performance of the developed
electronic interface. During the test procedures, control signals were generated by the
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microcontroller while output signals were visualized using an oscilloscope (HDO6054-MS,
Teledyne LeCroy, New York, NY, USA).

The performance evaluation of the developed interface was performed using a known
load impedance Z; the test load consisted of a 1 kΩ resistor. To evaluate system flexibility,
the load was stimulated with both monophasic and biphasic current pulse bursts, with
symmetrical and asymmetrical shapes.

The tested stimulation patterns were as follows:

• A burst of 10 monophasic current pulses with a frequency of 1 kHz and amplitude of
1 mA (each H-bridge current path tested) with duty cycles of 25%, 50%, and 75%.

• A burst of 10 biphasic symmetrical current pulses with a frequency of 1 kHz and
amplitude of 1 mA.

• A burst of 10 biphasic asymmetrical current pulses with a frequency of 1 kHz,
amplitude of 1 mA, and relative duty cycles with ratios of 1:3 and 3:1.

Moreover, to verify that the injected current matched the desired IREF, the test load
was stimulated with bursts of 10 monophasic current pulses with amplitudes ranging from
0.1 to 10 mA (0.1, 0.5, 1, 2, 3, 4, 5, 6, 7, 8, 9, 10 mA), at a frequency of 1 kHz and duty
cycle of 50%. The amplitude range was chosen according to typical values reported in the
literature for reverse iontophoresis applications [110], between 0.1 and 4 mA.

Additionally, to test the system in a simulated environment, electrical stimulation was
used to enhance a mimicked physiological diffusion process. A custom structure, such as
a reverse Franz diffusion cell, was built, as shown in Figure 4.10.

Figure 4.10: Schematic representation of the section view of the experimental setup: lower
chamber (1), liquid phase contained into the lower chamber (2), upper chamber (3), hydrogel
septum (4), liquid phase contained into the upper chamber (5), two electrodes (6).

The lower donor chamber (10 mL), made of polystyrene, is filled with TrisHCl buffer at
pH 7.4 containing 140 mM NaCl, 4 mM KCl, and 20 mM L-ascorbic acid (Merck KGaA,
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Darmstadt, Germany). The upper receptor chamber (1 mL), made of polylactide (PLA),
is filled with TrisHCl buffer at pH 7.4, containing only NaCl and KCl; the bottom of the
upper chamber is perforated to allow passive diffusion.

The two chambers are separated by a layer of hydrogel, made of 0.8% (w/v) agarose
dissolved in TrisHCl buffer at pH 7.4 containing 140 mM NaCl and 4 mM KCl, with a
thickness of 3 mm. The lower chamber simulates peripheral vessels, while the hydrogel
in the upper cell simulates the dermis. The buffer composition is thus defined to reflect a
simplified model of blood and interstitial fluid (ISF) systems.

Two stainless steel needles are used as electrodes, with the tips inserted 1 mm into the
hydrogel upper layer. Current stimulations of 500 and 1000 µA are applied for 30 min
to the dermal simulated environment, independently. To compare the electro-stimulated
diffusion against the spontaneous process, passive diffusion is allowed to occur for the
same amount of time (30 min) with no stimulation applied.

At the end of the experiment, the concentration of ascorbic acid in the liquid phase of
the upper chamber is measured using a specific spectrophotometric assay [111].

The stimulation parameters were selected based on the most recent literature. The
works considered are summarized in Table 4.1.

4.3.3 Experimental Results

Monophasic Test

Fig. 4.11 shows the stimulation pattern obtained in monophasic mode with duty cycles of
25%, 50%, and 75%, respectively. A current square wave with a frequency of 1 kHz, the
corresponding duty cycle, and an amplitude of 1 mA was recorded.

Biphasic Test

Fig. 4.12 a) shows the stimulation pattern obtained in biphasic mode with symmetri-
cal current pulses. A current square wave with both positive and negative amplitudes,
ranging from 0.1 to 10 mA and a frequency of 1 kHz, was recorded. Fig. 4.12 b) shows
the stimulation pattern obtained in biphasic mode with asymmetrical current pulses. A
current square wave with asymmetrical timing (with a ratio of 3:1), amplitudes with a
modulus ranging from 0.1 to 10 mA and a frequency of 1 kHz was recorded. Fig. 4.12
c) shows the stimulation pattern obtained in biphasic mode with asymmetrical current
pulses. A current square wave with asymmetrical timing (with a ratio of 1:3), amplitudes
with a modulus ranging from 0.1 to 10 mA and a frequency of 1 kHz was recorded.
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Figure 4.11: Monophasic stimulation pattern with three different duty cycles and an amplitude
of 1 mA: duty cycle of 25% (A), duty cycle of 50% (B), duty cycle of 75% (C).

Figure 4.12: The plot shows one period for each tested stimulation pattern with increasing current
amplitude (0.1, 0.5, 1, 2, 3, 4, 5, 6, 7, 8, 9, 10 mA): symmetrical pattern (A), asymmetrical pattern
with a ratio of 3:1 (B), asymmetrical pattern with a ratio of 1:3 (C).

Injected Currents

Fig. 4.13 shows the stimulation pattern obtained in monophasic mode with a duty cycle
of 50%. A current square wave with a frequency of 1 kHz, a duty cycle of 50%, and an
amplitude ranging from 0.1 to 10 mA was recorded.

Fig. 4.14 shows the percentage relative error between the desired currents and the
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measured injected currents.

Figure 4.13: The plot shows one period for each tested stimulation pattern with increasing
current amplitude (0.1, 0.5, 1, 2, 3, 4, 5, 6, 7, 8, 9, 10 mA).

Figure 4.14: Percentage error between measured and theorical values.

Reverse Iontophoresis Scenario

Fig. 4.15 shows the concentrations of ascorbic acid measured in the upper chamber at
the end of the experiment: the concentrations obtained with the stimulation protocol are
significantly higher (from 5 to 8 times) than that obtained with the spontaneous process,
and someway proportional to the intensity of the applied currents.
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Figure 4.15: Measured concentrations of Ascorbic Acid in the receptor chamber after 30 minutes.

Table 4.1: Comparison chart of electronic interfaces for electrical stimulation found in literature.

Reference Frequency
Range

Voltage
Compliance

Circuit
Highlights

Safety
Features

This work Up to 50 kHz ±120 V • VCCS
• Current Mirror
• H-Bridge
• Single Supply

• Load grounded
when idle

• Continuous cur-
rent monitoring

[112] 200 Hz ±200 V • TIMER 555
• Op-amp
• Transformer
• Single Supply

• Continuous feed-
back

[113] 20–200 Hz ±160 V • Op-amp
• Darlington BJT
• Transformer
• Dual Supply

• Continuous feed-
back

[114] Up to 50 kHz ±100 V • VCCS
• H-Bridge
• Single Supply

• Continuous feed-
back

[115] Up to 50 kHz ±120 V • High Voltage
Op-amp

• Step-up Trans-
former

• Dual Supply

• Load grounded
when idle

• Continuous cur-
rent monitoring

[116] Up to 100 Hz ±250 V • High Voltage
Op-amp

• Dual Supply

• Load grounded
when idle

[117] Up to 1 kHz ±60 V • High Voltage
Op-amp

• Dual Supply

• Continuous feed-
back
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4.4 Enhancing electroosmotic flow to improve physio-

logical diffusion of Glucose in derma layers

4.4.1 Introduction

Type 1 diabetes is a metabolic disorder characterized by elevated blood glucose levels,
which can lead to serious complications such as heart disease, kidney disease, retinopathy,
and neuropathy [118, 119]. The global prevalence of diabetes has risen dramatically, with
over 415 million people affected worldwide. This alarming increase highlights the urgent
need for effective management strategies and innovative treatment solutions [120].
The traditional capillary blood glucose meters measure the concentration of glucose from
capillary blood samples obtained by the patient. This procedure, in addition to being
painful and inconvenient, results in sampling a limited number of glucose values through-
out the day, leaving the patient without proper monitoring during the day and especially
at night, which can be quite critical in some cases.
Wearable devices for continuous self-monitoring of glucose can play a crucial role in the
management of the disease. While traditional glucose meters use capillary blood, most
commercial Continous Glucose Monitoring (CGM) devices measure glucose from inter-
stitial fluid (ISF) localized in the subcutaneous adipose tissue including Freestyle Libre,
Dexcom G7 (subcutaneous needle) and Eversense from Senseonics (subcutaneous sensor),
which can be accessed using a minimally invasive approach. Many compounds, such as
glucose, are transported from the blood into the cells via ISF [121, 122]. The glucose
concentration in ISF strongly correlates with the blood glucose concentration, but the
sampling of ISF non-invasively is challenging due to the barrier function of the skin.
Thus, all approaches based on ISF that have reached commercial success are based on
needles that penetrate the skin and reach the ISF in the dermis [123, 124]. For instance,
persons with type-1 diabetes who use CGM devices are less prone to hypoglycemia (low
blood sugar) and hyperglycemia (high blood sugar) [125, 126], stay longer within the
target glucose range [127, 128], and have better glycated hemoglobin (HbA1c) levels.
Other approaches for non-invasive CGM under active research include sampling of the
interstitial fluid with reverse ionotophoresis [129, 130, 110, 131, 132], magnetic fields
[133, 134], ultrasound [135, 136], and detection of glucose through optical methods [137,
138] or radio waves [134]. Recent advancements in technology have removed the need
for calibrating CGMs with fingerprick glucose measurements. However, the accuracy of
all commercially available CGMs remains lowest in the hypoglycemic range, where the
demand for sensitivity and specificity is critical for effectively functioning as an alarm
for hypoglycemia. Both invasive and non-invasive methods for CGM face the common
challenge of lag time between the concentration of glucose in ISF and in blood. The
glucose concentration in the ISF, which depends on concentration differences that change
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over time due to physical activities and insulin doses [139, 140], reaches about 70% of the
glucose level in the blood. According to the literature [140], there is a delay of approxi-
mately 15-20 minutes in this process and is influenced by factors such as local blood flow,
tissue perfusion and ISF permeability [141]. The mismatch between glucose readings from
CGMs and glucose concentration in blood is of concern, particularly in the hypoglicemic
range, where CGMs time lag causes CGMs glucose readings to deviate from actual glu-
cose levels by more than 2.2 mM (40 mg/dL) in response to rapid rates of decline in
glucose concentration. In the case of CGM sensors, the delay depends on various contri-
butions, including physiological and technological factors. The physiological time delay
in glucose sensing primarily arises from the time it takes for glucose to diffuse through
capillary walls and the interstitial space before reaching the sensor [141]. Notably, there
is significant variability in these time delays among individuals and across different CGM
systems. In addition to physiological delays, technological time delays can occur and
are due to calculations before the results are displayed. Another contribution of delay is
related to the filtering techniques used to mitigate data noise, with reported technolog-
ical delays ranging from 3 to 12 minutes [142, 143]. These delays are also attributed to
glucose diffusion through protective membranes and the sensor’s reaction speed, like to
the enzymatic activity in the case of electrochemical glucose sensor currently used in the
CGM systems, which generally accounts for an additional few minutes. Reports indicate a
wide range of overall time delays, from 5 to 40 minutes, which may stem from differences
in CGM systems or experimental conditions. However, much of the literature fails to
address interindividual and intraindividual differences in these delays due to insufficient
data. Additionally, the effects of glycemic ranges and patient-specific factors—such as
physical activity—on time delays remain largely unexplored [141]. Reducing both physio-
logical and technological time delays is essential for enhancing the accuracy and reliability
of CGM systems, as these delays contribute considerably to discrepancies between CGM
data and actual blood glucose values, ultimately affecting patient outcomes and timely
interventions in diabetes management.
Stout et al. [144] reported a technique for the reduction of physiological lag time with
modulated pressure application to enhance local blood flow. However, the current in-
vestigation is constrained by methodological limitations, including a restricted dataset
and the imperative for comprehensive empirical validation to elucidate the method’s re-
producibility, sustained efficacy, and consistent performance across variable physiological
parameters and glycemic trajectories. Another technique for enhanced blood perfusion is
the use of electrical stimulation [145, 146], which further supports the idea that improving
local circulation can help to reduce the lag in glucose measurements. The mechanisms
underlying the enhancement of blood perfusion through electrical stimulation are sup-
ported by multiple theories. Chen et al. [147] suggest that electrical stimulation can
trigger vasodilation exciting peripheral nerves and inducing blood perfusion. Instead,
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Tracy et al. [148], theorized that electrical stimulation promotes blood flow as a result
of the metabolic demand in the contracting muscles. Current modulation remains an
hot topic in controlled drug delivery [149, 150, 151, 152] and large and small molecule
extraction through reverse iontophoresis. Specifically, Terutsuki et al. [153] highlight how
current modulation can offer significant advantages in drug delivery by enabling precise
and controlled release mechanisms. Also combining ionophoresis with chemical enhancers,
provide an helpful tool to improve skin permeability and electro-osmotic flow [154, 155,
156, 157]. In the field of extraction through reverse iontophoresis, the use of microneedles
(MNs) is increasingly prevalent [158, 159, 160, 161] reducing the invasiveness of sensors
for continuous glucose monitoring and improving transdermic glucose extraction. Despite
reducing invasiveness, the time lag limitation remains equivalent or potentially more pro-
nounced compared to commercially available CGM systems.

Figure 4.16: Schematic representation of glucose diffusion enhanced by intradermal electro-
osmotic flow.

Considering these premises, this work [Paper IX] presents a microfluidic device that
simulate a condition of physiological concentrations difference between the capillary blood
and the ISF through a microfluidic channel, a semipermeable membrane, and a reservoir.
The device was used to evaluate how the application of electric currents delivered through
two electrodes influences the physiological behaviour of glucose diffusion between the
two compartments. This concept hold potential to enhance the dermal electro-osmotic
flow and thus improve the delay between the glucose concentration in capillaries and in
the ISF due the physiological diffusion as shown in Fig. 4.16, especially pronounced in
case of rapid fluctuations in glucose concentration. This technological concept seamlessly
integrates with CGMs, offering potential to enhance patient outcomes.
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4.4.2 Material and Methods

Computational model

The computational model was developed to investigate glucose diffusion variation between
the two compartments. The model aimed to characterize the experimental conditions, ge-
ometry and parameters governing molecular transport. This model provided a starting
point for modeling diffusion between the compartments, effectively translating the real
dynamics of diffusion from capillary blood to interstitial fluid within a microfluidic device
over a timeframe of 20 minutes.
The modeling and simulation of the developed device were conducted using COMSOL
Multiphysics 6.0 software. The free and porous fluid flow, as well as the transport of
diluted species and the laminar flow, was modeled to represent the behavior of the mi-
crofluidic setup. The model assumes incompressible flow conditions, with Reynolds num-
bers ranging from 1.67 to 8.34, confirming deeply laminar flow regime. We developed
a 3D model of the geometry consisting of the 200µm channel (1 cm length) and the
reservoir, with a diameter of 6mm. The porous polycarbonate (PC) membrane, posi-
tioned between the channel and the reservoir, was modeled with a thickness of 20µm,
as reported in the datasheet. Fluid flow from the channel through the porous mem-
brane into the reservoir was modeled using Darcy’s law, with an hydraulic permeability
k = 1.45 × 10−14 m2. The transport of diluted species was described by time-dependent
convection-diffusion equations, with a diffusion coefficient of glucose through the mem-
brane obtained through a parametric study based on experimental results and glucose
diffusion in water of 6.7 × 10−10 m2/s. The diffusion coefficient of the membrane was
calculated through computational model considering experimental results at timepoint 20
minutes.
The concentration values within the reservoir were assessed through the volume integral
relative to the reservoir, evaluating the glucose concentration in the reservoir at differ-
ent time points. The laminar flow was set in the microfluidic channel to reproduce the
flow conditions defined in the real setup, with the flow established from 20µL/min to
100µL/min using a glucose solution at a concentration of 4mM.

Device fabrication

(i) the lower microfluidic channel was fabricated in polydimethylsiloxane (PDMS, Sylgard
184, Dow Corning), prepared by mixing the base and curing agent in a 10:1 ratio and cast
by soft lithography using an SU-8 mold. The channel had a width of 200 um and was used
to simulate the capillary; (ii) the upper microfluidic channel was fabricated identical to
the first. A reservoir with a diameter of 6 mm was created along the microfluidic channel
by punching a hole through the PDMS using a controlled-diameter punch. This upper
channel was used to simulate the ISF; (iii) a commercially available polycarbonate (PC)
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membrane from Whatman Cyclopore (Maidstone, UK) with a pore size of 5 um was used
as an endothelial mimic layer and located at the interface between the lower microfluidic
channel and the reservoir in the upper microfluidic channel. The developed and applied
technique involves an optimization of the procedure reported in [162], including the use
of 2% 3-aminopropyl triethoxysilane (APTES) solution, 28 % DI water and 70 % ethanol.

The bonding step was performed using an optimized version of the protocol described
in [162], specifically adapted to avoid any alteration of the membrane’s transport prop-
erties. As shown in Fig. 4.17 a), the membrane and the lower PDMS slab containing the
microfluidic channel were first activated by oxygen plasma (200 mT, 40 sccm of O2, 30 W,
1 min). Subsequently, as illustrated in Fig. 4.17 b), a thin layer of the APTES solution
(2% APTES, 28% DI water, 70% ethanol) was applied exclusively to the non-exchange
perimeter regions of the lower PDMS slab, providing localized surface functionalization
to ensure a strong, leak-free bond. Importantly, the membrane surface itself was not
exposed to APTES to preserve its native exchange characteristics. As shown in Fig. 4.17
c), the membrane was then placed onto the lower PDMS slab with its plasma-treated
face contacting the APTES-coated perimeter zones. Finally, both the lower PDMS slab
(carrying the microchannel and bonded membrane) and the upper PDMS slab contain-
ing the reservoir were plasma-treated and assembled to form the complete three-layer
PDMS–membrane–PDMS structure, as depicted in Fig. 4.17 d).

Finally, the assembly was chemically bond together by a post bake at 90 °C for one
hour. During the bake a weight of 200 g was applied to ensure a tight contact between
the components. This process resulted in a water tight bond ensuring no leakage from
the microfluidic channels.

The integration of Pt wire electrodes (diameter = 0.125 mm) was achieved via cuts
made on the sides of the reservoir, and the wires were inserted to have approximately 0.9
cm of electrode in contact with the fluid in the reservoir Fig. 4.17 e). Once the electrodes
were inserted and positioned at a distance of 2 mm, the cuts in the PDMS were sealed
with a PDMS mortar.

Electro-diffusion device and experimental setup

Several portable and programmable devices for reverse iontophoresis have been described
in the literature, mainly focusing on non-invasive monitoring and transdermal drug de-
livery [163, 164, 165].

The portable electronics used for electro-diffusion is a custom-made apparatus devel-
oped by the authors [166]. The system is based on a 32-bit MCU (SAM3X8E), designed for
the delivery of dc current, biphasic and monophasic square wave current. The electronic
interface incorporates a high-precision voltage-controlled current source coupled with a
current mirror and an H-Bridge, providing a wide voltage compliance range of ±120 V
to enable robust and accurate signal control. The current output range is dynamically
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Figure 4.17: Fabrication workflow of the microfluidic device with the integration of the Pt-wire
electrodes. (a) Activation of the surface with O2 plasma treatment, respectively of the lower
PDMS slab and of a face of the PC membrane; (b) APTES treatment of the lower PDMS slab in
order to cross-link the PC membrane and the microfluidic channel; (c) Activation of the surface
with O2 plasma treatment, respectively of the upper PDMS slab and the lower PDMS slab;
(d) Post-process thermal treatment at 90 °C for 1 h to strongly bond the sandwich chip; (e)
3D schematic illustration of the developed microfluidic chip with the integration of the Pt-wire
electrodes; (f) Representative SEM images of the PC membrane; (g) Top-view image of the
microfluidic developed device.

tunable through a series of selectable resistances that modulate the current gain. The
system’s capability to modulate frequency and duty cycle, coupled with microsecond-
level timing resolution, allows for precise and flexible electrical stimulation protocols with
accuracy in current and voltage parameter manipulation. Additionally, the device is de-
signed to provide continuous monitoring of the injected current and for a safety feature
to ground the load when no stimulation is being applied. Unlike voltage-controlled stim-
ulation devices, the precise delivery of current helps to avoid undesirable effects, such as
Joule heating and electrolysis, and allows for effective current control over the load. In
this specific application, the device was used to deliver controlled current through two
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platinum electrodes, employing direct current and square waveforms to investigate the
effect of the latter on the enhancement of electro-osmotic flow. The applied current of
5 µA correspond to a current density of 140 µA/cm², adhering to the applicable safety
current standards for patients (0.5 mA/cm²) [167].
Considering a 0.9 cm length of the electrode in contact with the solution in the reservoir,
and applying a current of 5 µA both continuously and through square wave pulses at a
frequency of 500 Hz, the resulting current density is:

J =
I

A
= 140

µA

cm2
(4.22)

where:

• I = 5µA is the current,

• d = 0.125mm is the diameter,

• l = 0.9 cm is the Pt wire length,

• A = 2π
(
d
2

) (
d
2
+ l

)
is the sum of the lateral surface and the base.

At 500 Hz, the impedance of the medium is relatively low, and with an applied current
of 5 µA , the resulting voltage drop across the load is reduced. Therefore, the compliance
voltage can be lowered while still allowing precise current delivery, ensuring safe operation
and minimizing the risk of excessive electrode polarization or electrochemical effects.

In the case of current stimulation, the device was connected to the exposed contacts of
the microfluidic device and controlled via an interface for current delivery. Concurrently,
the voltage values across the load were recorded during the stimulation in order to evaluate
the achieved polarization, highlighting the lower impedance encountered at high frequency
and furthermore the lower voltage applied delivering the same current. The microfluidic
device performance was evaluated by quantifying the transfer of glucose into the reservoir
over a range of flow rates ranging from 20 µL/min to 100 µL/min and were compared
to the predicted results from computational modeling. The inspected flow rates were set
using a syringe pump with a 5 mL syringe containing a concentrated solution of 4 mM
glucose dissolved in PBS, while the acceptor volume was filled with 80 µL of PBS. Testing
different flow rates allowed us to investigate the glucose concentration in the reservoir
after 20 minutes and to establish an experimental setup that replicates the diffusion of
a glucose gradient of 1 mM (approximately 18 mg/dL). Once the optimal flow rate was
established through systematic testing, the experiment proceeded to incorporate current
stimulation to further evaluate the system’s performance. This methodology allowed for a
controlled simulation of physiological glucose variations between the microfluidic channel
and the reservoir.
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Glucose measurements

Quantitative analysis of glucose concentration was performed using the D-Glucose GO-
POD FORMAT enzymatic assay kit from Megazyme Ltd. (Wicklow, Ireland). At pre-
determined time points, 50 µL samples were extracted from the reservoir and diluted
1:1 with PBS to achieve the 100 µL minimum volume required by the assay protocol.
Following the manufacturer’s instructions, the samples underwent thermal incubation at
40-50 ◦C for 20 minutes. Absorbance measurements were then conducted at 510 nm using
a Shimadzu UV-Vis spectrophotometer to determine the final glucose concentrations.

4.5 Results & Discussions

The assembly of the device described in this paper uses a novel way of bonding the PC
membranes to the two layers of PDMS. Most commonly, the used techniques include: (i)
spin-coating of 1:1 ratio of toluene to PDMS onto glass followed by dipping the PDMS
slabs to create a mortar for uniting the interfaces [168]; and (ii) functionalization of the
membrane through a process based on APTES, [162]. However, these techniques suffer
from several issues: (i) clogging of the channels due to the PDMS mortar; (ii) modifica-
tion of the membrane properties through APTES treatment, which alters the diffusion
characteristics of the PC membrane, leading to a reduction and instability in diffusion.
The bonding method described in the paper did not suffer from channel clogging, as no
mortar-like materials were employed during the bonding procedure that could potentially
obstruct the microfluidic channels.
Furthermore, membrane properties remained unaltered, since the APTES treatment was
selectively applied only to surfaces not involved in fluid exchange between the reservoir
and the channel.
Our bonding procedure successfully achieves strong interfacial adhesion between the three
layers while crucially preserving the membrane’s diffusion properties - a significant im-
provement over the previously reported techniques which compromised membrane func-
tionality.

The diffusion rate was tested under three flow rate conditions: 20 µL/min, 50 µL/min,
and 100 µL/min. The optimal flow rate of 50 µL/min was identified considering greater
reproducibility compared to tests conducted at a flow rate of 100 µL/min, which were
more significantly influenced by the higher pressure applied within the channels and on the
membrane, as shown in Fig. 4.18. Furthermore, this experimental conditions allowed us
to reach a glucose concentration of 1 mM in the reservoir within 20 minutes, corresponding
to a change of 18 mg/dL in blood glucose levels.

The computational model has allowed for the estimation of the diffusivity coefficient
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Figure 4.18: The time-course glucose concentration in the receiver chamber at different time-
points for various flow rates: (i) in blue 20 µL/min; (ii) in red 50 µL/min; (iii) in yellow 100
µL/min. (N=3 independent experiments; mean ± SD)

Table 4.2: Comparative analysis of experimental measurements and computational results at 20
minutes

Flow
Rate

[µL/min]

Simulated
Diffusion
[mM ]

Experimental
Diffusion
[mM ]

20 0.43 0.50 ± 0.18
50 0.81 0.96 ± 0.05
100 1.44 1.75 ± 0.28

of glucose through the PC membrane, which is 6.0 × 10−6 m2/s. The glucose diffusion
obtained from the model within the reservoir has been evaluated at the 20-minute time
point, as reported in the Table 4.2.

Subsequently, the diffusion test was repeated under current stimulation. Two stimula-
tion patterns were applied: (i) square wave current (Fig. 4.19 in red) and (ii) DC current
(Fig. 4.19 in blue) for 5 minutes. The corresponding voltage signals are shown in Fig.
4.19.

The application of an electric field enhances permeability and attracts ions in the
solution toward the electrodes, which in turn facilitates the movement of neutral species,
such as glucose, at physiological pH. The use of controlled square wave currents allows for
lower voltage values between the electrodes due to the reduced impedance encountered at
500 Hz, as well as minimizing the Joule heating effect.

Fig. 4.20 shows the measured glucose concentration after 5 minutes under current
stimulation. The diffusion achieved through DC stimulation and square wave stimulation
increased of 2.8 and 3.9 times in average, respectively, compared to diffusion without
stimulation.
This corresponds to a passive concentration at 5 minutes of 0.27 ± 0.07 mM, which in-
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Figure 4.19: The voltage drop across the two electrodes during current-controlled electrical
stimulation: in blue, the voltage at the electrodes during the application of direct current; in
red, the voltage across the two electrodes during the application of the square wave current at
500 Hz, 50% duty cycle, and 5 µA amplitude.

creases to 0.75 ± 0.16 mM and 1.06 ± 0.18 mM after stimulation for DC and square
wave currents, respectively. Passive diffusion required about 20 minutes to reach similar
concentration as the electrically assisted diffusion after 5 minutes, which corresponds to
a reduction of the diffusion lag time by 75%. Additionally, using square wave stimula-
tion significantly reduces the polarization load, resulting in less than 100 mV stimulation
voltage compared to 2 V in DC stimulation.

Based on the obtained results, it appears that pulsed current produces effects on glu-
cose diffusion comparable to those of DC current, consistent with findings reported in
literature about Na+ transport [169]. At lower frequencies (100 Hz), medium impedance
is higher, leading to larger voltage drops and increased electrode polarization, which re-
duces net transport. At higher frequencies (> 1 kHz), although the impedance of the
medium decreases, capacitive effects dominate, causing a larger fraction of the current to
be transferred along the electrode-solution interface rather than through the bulk. This
reduces the effective electric field driving electro-osmotic flow and consequently lowers
molecular transport efficiency. Frequencies in the intermediate range, such as the 500
Hz used in this study, therefore provide an optimal balance, maximizing electro-osmotic
transport while minimizing electrode polarization and capacitive losses. To evaluate the
stability of the electrodes under prolonged stimulation, we performed degradation tests
at multiple time points (0, 3, 6, 12, and 24 h) under continuous monophasic stimulation
at 5 µA. The tests were designed as a stress assessment to monitor any changes in elec-
trode impedance over time. As shown in Fig. 4.21, the results indicate a minor increase
in impedance, remaining below 400 Ω even after 24 h of continuous stimulation. These
findings highlight the limited impact of sustained low-intensity current on electrode per-
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Figure 4.20: Electro-osmotic flow enhancement in diffusion dynamics: comparative analysis of
diffusion mechanisms under varying applied current to enhance electro-osmotic flow. (i) In white
the passive diffusion at 50 µL/min at 5,10,20 minutes (baseline reference) is reported; (ii) In
red the diffusion with enhanced eletro-osmotic flow using square wave current after 5 minutes is
reported; (iii) In blue the diffusion with enhanced eletro-osmotic flow using dc current after 5
minutes is reported.

formance, confirming the robustness of the system for extended operation. Furthermore,
analysis of the phase module and associated errors across time points showed minimal
variation, supporting the electrodes’ stability during prolonged use.

These preliminary results lead to considerations about the possibility of leveraging
electric stimulation to accelerate physiological diffusion in situations with sudden rate
changes. These changes are triggered by insulin-related phenomena, stress and physical
activity, where sensor response becomes critically important for patients, especially for
making compensatory clinical decisions. The delay phenomena, caused by physiological
diffusion lag and technological delay, can be minimized to reduce the time gap between
capillary concentration and ISF concentration. Moreover, the technological delay persists
in the measurement delay contribution due both to the response times of the enzymatic
sensor and to the computational times. This delay contribution can be reduced by intro-
ducing a non-enzymatic glucose sensor to construct a fully robust system [170, 171, 172,
173, 174].

Although the proposed microfluidic platform provides a controlled and reproducible
environment to investigate magnitude gradient of glucose transport, it represents a sim-
plified model of the complex architecture of the dermal interstitial space diffusion. In
particular, static reservoirs and the polycarbonate membrane do not fully reproduce the
heterogeneous extracellular matrix present in vivo, which includes collagen networks, bind-
ing proteins, and cellular components that influence diffusion and fluid dynamics. These
structural and biochemical features are not captured in the current model, constituting
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Figure 4.21: Impedance stability of electrodes under continuous stimulation. Measurements of
modulus and phase were performed at 0, 3, 6, 12, and 24 h of continuous monophasic stimulation
at 5 µA. The reported errors represent the differences (∆) relative to the values of modulus and
phase at the 0 h timepoint.

an intrinsic limitation.
However, it is important to note that the primary objective of this study was not

to fully replicate the in vivo dermal environment, but rather to validate the concept
that low-intensity electrical stimulation can enhance glucose transport across a defined
barrier. These simplified system allows precise control over experimental variables and the
isolation of electro-osmotic effects without confounding factors from cellular metabolism
or matrix complexity.

Moreover, the diffusion delays measured in our system under passive conditions are
within the range reported in continuous glucose monitoring studies (15–20 minutes), sup-
porting the translational relevance of the model. For future work, more physiologically
representative platforms could include collagen-based hydrogels with cellular components,
which would better mimic the mechanical, tortuous, and reactive nature of the interstitial
space. Despite these simplifications, the present in-vitro model effectively demonstrates
the potential of pulsed electrical currents to accelerate glucose transport, providing a
foundation for future bioengineered systems.
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4.6 Summary and Future Perspectives

This chapter reviewed the principles, techniques, and system design considerations for
electrical stimulation, with a focus on iontophoresis (IP) and reverse iontophoresis (RI)
applications. Key topics included electrode configurations, electrode–skin interface model-
ing, charge delivery methods, waveform design, and safety considerations. Both monopo-
lar and bipolar electrode arrangements were discussed, along with lumped-element models
capturing the resistive and capacitive properties of the skin and underlying tissues.

Charge delivery strategies, including constant-current stimulation (CCS) and constant-
voltage stimulation (CVS), were analyzed. CCS was highlighted as the preferred approach
for clinical applications due to its ability to maintain consistent current despite impedance
variations, ensuring precise and safe delivery of electrical charge. Charge-balanced wave-
forms, including biphasic and monophasic pulses with passive discharge, were emphasized
to minimize tissue irritation, electrode degradation, and safety risks. Stimulation param-
eters such as amplitude, phase duration, frequency, and interphase delay were discussed
with reference to their influence on muscle contraction and physiological safety limits. The
chapter presented a versatile high-voltage current stimulator suitable for RI applications,
supporting programmable monophasic and biphasic pulses with amplitudes from 0.1 to
10 mA and real-time current monitoring, achieving maximum errors of about 10% at low
intensities. Using this same stimulator, the physiological lag between capillary blood and
interstitial fluid in glucose transport was significantly reduced. Specifically, a low current
density of 140 µA/cm² decreased diffusion time by 75%, from 20 minutes to 5 minutes,
while square-wave stimulation demonstrated comparable performance to DC stimulation
with reduced Joule heating and lower electrode potentials. These results highlight the
importance of programmable waveform control and low-intensity stimulation for both
safety and enhanced transport efficiency. Overall, these studies demonstrate that careful
control of stimulation parameters, waveform design, and electrode interface management
can significantly improve the efficacy, safety, and responsiveness of both therapeutic and
diagnostic electrical stimulation systems. Future directions include integrating compact,
low-power stimulators with advanced feedback and monitoring systems for wearable or
implantable applications. Hybrid solutions combining electrical stimulation with microflu-
idics, microneedles, or biosensing platforms are expected to enhance transport efficiency
and sensor responsiveness. Adaptive and programmable waveform control may further
improve safety, energy efficiency, and personalized operation. Such advancements will en-
able real-time, minimally invasive monitoring of molecular or ionic transport, broadening
the clinical and research applications of electrical stimulation, from glucose sensing to
drug delivery and neuromuscular rehabilitation.
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Chapter 5

Conclusions and future work

The growing interest in personalized and continuous healthcare monitoring has driven the
development of portable and wearable biomedical systems that combine precision, minia-
turization, and low power consumption. This thesis contributed to this field by designing
and implementing three distinct hardware platforms addressing different but comple-
mentary biomedical functions: a portable and low-cost potentiostat for electrochemical
sensing, optimized circuits and portable devices for bio-impedance spectroscopy, and a
programmable electrical stimulator. Each subsystem was conceived, designed, and vali-
dated independently, providing new insights and design methodologies for next-generation
medical and research instrumentation.

The first contribution consisted of the design of a portable potentiostat for electro-
chemical biosensing. The proposed system was optimized for wearable and point-of-care
applications, achieving low noise, high precision, and reduced power consumption. The
analog front-end and current generation circuits were designed to maintain signal integrity
across a wide range of analyte concentrations and electrochemical conditions. Experimen-
tal validation confirmed the potentiostat’s reliability for amperometric and voltammetric
measurements, demonstrating its potential for integration with flexible and miniaturized
chemical sensors for continuous health monitoring.

The second part of this work focused on developing bio-impedance spectroscopy in-
terfaces optimized for high accuracy, fast measurement, and wide frequency coverage.
The implemented architectures introduced techniques such as frequency-division phase
detection, dynamic gain control, and adaptive digital sampling to enhance precision and
robustness while reducing sampling rate and memory requirements through optimized
clock control. Experimental results demonstrated accurate magnitude and phase estima-
tion up to the megahertz range, confirming competitive performance with state-of-the-art
systems and establishing a solid basis for future portable and wearable impedance sensing
applications.

The third contribution involved the design of a programmable electrical stimulator
intended for medical applications. The stimulator was implemented with a current-
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controlled output stage, programmable waveform generation, and integrated safety fea-
tures, allowing precise delivery of biphasic and monophasic stimulation pulses. Measure-
ment results demonstrated high output accuracy, low distortion, and robust operation
across various load conditions. This platform can support research on eletrical stimula-
tion, reverse iontophoresis and drug delivery applications.

Although the three systems developed in this thesis were conceived as independent
platforms, together they establish a coherent technological framework for future multi-
modal bioelectronic devices. Their complementary functionalities—electrochemical sens-
ing, impedance analysis, and electrical stimulation—can be leveraged in future research to
create integrated, closed-loop systems capable of simultaneous physiological monitoring
and feedback-based stimulation.

Future developments will focus on extending and consolidating these results along
several directions:

• System-level integration: Design unified hardware and software architectures
combining the potentiostat, impedance measurement interface, and stimulator within
a single synchronized platform, enabling parameter customization for specific appli-
cations.

• Embedded intelligence: Implement real-time signal processing, feature extrac-
tion, and adaptive control algorithms to automate sensing and stimulation tasks
while optimizing power and performance.

• ASIC integration: Investigate the monolithic integration of the potentiostat,
impedance measurement interface, and stimulator within a single ASIC to mini-
mize form factor, reduce parasitics, and improve energy efficiency, while enabling
application-specific co-design of analog and digital subsystems.

• Experimental validation: Extend validation to complex measurement scenarios
and multi-modal operation to assess cross-interactions, synchronization accuracy,
and long-term stability.

In summary, this thesis presented the design and validation of three independent yet
complementary biomedical hardware platforms, each addressing a key aspect of portable
healthcare instrumentation. While developed separately, these systems collectively pro-
vide a solid foundation for future integration into compact, intelligent, and adaptable
bioelectronic platforms for advanced physiological monitoring and closed-loop control.
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