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Abstract 

Magnetic nanoparticle (MNP) combined with biomolecules in a microfluidic system can be 

efficiently used in various applications such as mixing, pre-concentration, separation and 

detection. They can be either integrated for point-of care applications or used individually in the 

area of bio-defense, drug delivery, medical diagnostics, and pharmaceutical development.  The 

interaction of magnetic fields with magnetic nanoparticles in microfluidic flows will allow 

simplifying the complexity of the present generation separation and detection systems. The 

ability to understand the dynamics of these interactions is a prerequisite for designing and 

developing more efficient systems. Therefore, in this work proof-of-concept experiments are 

combined with advanced numerical simulation to design, develop and optimize the magnetic 

microfluidic systems for mixing, separation and detection. Different strategies to combine 

magnetism with microfluidic technology are explored; a time-dependent magnetic actuation is 

used for efficiently mixing low volume of samples whereas tangential microfluidic channels 

were fabricated to demonstrate a simple low cost magnetic switching for continuous separation 

of biomolecules. 

A simple low cost generic microfluidic platform is developed using assembly of readily available 

permanent magnets and electromagnets. Microfluidic channels were fabricated at much lower 

cost and with a faster construction time using our in-house developed micromolding technique 

that does not require a clean room. Residence-time distribution (RTD) analysis obtained using 

dynamic light scattering data from samples was successfully used for the first time in 

microfluidic system to characterize the performance. Both advanced multiphysics finite element 

models and proof of concept experimentation demonstrates that MNPs when tagged with 

biomolecules can be easily manipulated within the microchannel. They can be precisely 
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captured, separated or detected with high efficiency and ease of operation. Presence of MNPs 

together with time-dependent magnetic actuation also helps in mixing as well as tagging 

biomolecules on chip, which is useful for point-of-care applications. The advanced mathematical 

model that takes into account mass and momentum transport, convection & diffusion, magnetic 

body forces acting on magnetic nanoparticles further demonstrates that the performance of 

microfluidic surface-based bio-assay can be increased by incorporating the idea of magnetic 

actuation. The numerical simulations were helpful in testing and optimizing key design 

parameters and demonstrated that fluid flow rate, magnetic field strength, and magnetic 

nanoparticle size had dramatic impact on the performance of microfluidic systems studied.   

This work will also emphasize the importance of considering magnetic nanoparticles interactions 

for a complete design of magnetic nanoparticle-based Lab-on-a-chip system where all the 

laboratory unit operations can be easily integrated.   The strategy demonstrated in this work will 

not only be easy to implement but also allows for versatile biochip design rules and provides a 

simple approach to integrate external elements for enhancing mixing, separation and detection of 

biomolecules. The vast applications of this novel concept studied in this work demonstrate its 

potential of to be applied to other kinds of on-chip immunoassays in future. We think that the 

possibility of integrating magnetism with microfluidic-based bioassay on a disposable chip is a 

very promising and versatile approach for point-of care diagnostics especially in resource-limited 

settings. 
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1. INTRODUCTION 

Over the past two decades, the rise of microfabrication technology and its ability to produce 

miniaturized Micro-Electro-Mechanical Systems (MEMS) [1, 2] has touched our daily life. 

These systems have the capability to measure mechanical, thermal, biological, chemical, optical 

and magnetic phenomena and have resulted in creating an ―intelligent‖ microsystem capable of 

sensing and controlling its environment. One of the most prominent and successful examples of 

MEMS technology is the accelerometer. Introduced by Analog Devices in 1991, accelerometers 

are now a part of every automobiles, their role is to control the airbag‗s release in case of an 

accident. One of the strengths and characteristics of MEMS is their versatility and 

interdisciplinary nature. The range of MEMS application is significantly growing mainly due to 

ease of fabrication techniques, equipment, and materials that are well established in 

semiconductor industry.  

In recent years, miniaturization and integration of biological/chemical analysis to MEMS devices 

has played a major role in scaling the lab-scale biological and chemical analysis systems down to 

chip-format often referred as Micro Total Analysis Systems (μ-TAS) or Lab-on-a-Chip (LOC) 

systems [3, 4]. These systems are now being realized for numerous chemical and biological 

analyses includes DNA analysis, clinical analysis, proteomics analysis, forensic analysis and 

even immunoassays and toxicity monitoring [4-7]. Fueled by the development of new fabrication 

methods[8-11] , innovative techniques to interface analytical systems with electro-mechanical 

components are continuously being developed and offer the design and fabrication of μ-TAS 

with a wide range of applications including drug delivery systems, monitoring devices, nucleic 

acid-based analysis and automatic point-of-care diagnostic micro-chips.  
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The development of Lab-on-a-Chip (LOC) systems is fuelled by a need to perform rapid and 

sensitive analyses on small sample volumes. However, at a more primary level, interest in these 

systems is stimulated by the fact that physical processes are easier to control when instrument 

dimensions are small. The main advantages of Lab-on-a-Chip (LOC) systems over traditional 

laboratory instrumentation, is lower fabrication costs, improvement of analytical performance 

regarding quality and operation time, small size, disposability, precise detection, minimal human 

interference and lower power consumption. Furthermore, labs on chips offer point-of-care 

diagnostic abilities that could revolutionize medicine and health care. Such devices are now 

being realized for hospitals, at the site of crime and in other areas, including a range of industrial 

applications and environmental monitoring. 

1.1 Microfluidics to Lab-on-a-Chip 

 

Microfluidics, which deals with the miniaturized handling of liquid samples [9, 12-14] in recent 

years have steadily gained interest among researchers. More innovative applications of 

microfluidics are emerging and an increasing diversity of techniques can be found in literature 

[15-17]. Continuous flow microfluidics of the first generation is joined by droplet-based 

approaches [18-20] , cells are cultured, transported and studied on a microfluidic chip[21] and 

particles are manipulated within the microfluidic system [22]. It was the field of life sciences for 

which the first commercial microfluidic based systems was introduced [23]. In particular, 

microfluidic technologies have been developed to carry out chemical and biochemical analyses. 

In life sciences and bioengineering applications, the need to manipulate fluids moving in 

microchannels has stimulated several new research ideas, such as the development of new 

microfabrication methods, usage of new materials such as polymer — poly(dimethylsiloxane), or 

PDMS for fluidic systems[8],implementation of novel components for the assembly of complex 
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microfluidic devices and the study of the fundamental behavior of fluids in narrow-bore 

channels[24].  The array of microfluidic tools and strategies developed to carry out mixing, 

separation, and detection, and the capability to integrate all these components on one platform 

has led to the development of Micro Total Analysis Systems (μTAS) or Lab-on-a-Chip (LOC)[3, 

4, 25, 26]. Such systems aim at shrinking a laboratory filled with people down to a chip the size 

of a credit card. In Lab-on-a-Chip (LOC) devices all necessary sample handling and analysis are 

performed within the microchip platform. Thus an LOC can be thought as a black-box that 

generates a meaningful output signal upon the introduction of a real world sample, such as 

biological samples, environmental samples, an aqueous droplet or blood.  The advantages of 

miniaturized bioanalysis systems are manifold most importantly, the reduction of sample and 

reagent volumes and thus the reduction of overall costs [27, 28]. The unique behavior of liquids 

at the micro-scale allows greater control of molecular concentrations and interactions. In 

addition, the miniaturization leads to decreased reaction times and allows a high parallelization 

of reactions, which is an enormous advantage in screening-based protocols. Lab-on-a-Chip 

devices also allow samples to be analyzed at the point of need rather than in a centralized 

laboratory which is enormous application in medical diagnostics, environmental monitoring, and 

bio-defense.  The advantages LOC systems are compelling, but designing and developing these 

devices that operate effectively is challenging. Commercial exploitation of these devices is slow, 

but is gaining speed, with many new innovative products in the market from companies like 

Agilent, Caliper Life Sciences and Phillips to name a few. Microfluidic technology is a 

technology of 21st century which is in early adolescence, and still needs innovative and 

groundbreaking ideas, designs, and strategies for development of complete LOC systems, 

providing enormous benefits and easily used by non-experts. 
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1.2 Magnetism and Microfluidics 

 

Magnetism and Microfluidics are known to researchers from almost decades, but it‘s only few 

years‘ back that they have been integrated together [29]. However, magnetism dates back to 

historic times and the concepts of magnetism have time and again been successfully utilized for 

vast array of applications with tremendous success. Today, magnetism is well-known to be 

coupled with electricity and it is a science which is well developed. Electric fields have 

previously been combined with microfluidic, such as capillary electrophoretic separations, 

electroosmotic pumping and dielectrophoretic trapping [30]. Magnetic fields on the other hand 

are not so common in microfluidic application. It‘s only in recent years with advancement made 

in nanotechnology and microfabrication that their potential is realized. Magnetic fields offer 

tremendous advantages over electric field. For example, objects inside a microfluidic channel 

can be manipulated by an external magnet field that is not in direct contact with the fluid. Target 

molecules can be isolated from a sample by attaching them to small magnetic particles which are 

then recovered using an external magnetic field. In contrast to electric manipulation, magnetic 

interactions are generally not affected by surface charges, pH, ionic concentrations or 

temperature. The marriage of magnetism and microfluidics thus has been relatively recent. It is 

due to the advancement made in the nanotechnology, magnetic particles functionalized 

antibodies are readily available and easy and simple microfabrication protocols makes it possible 

to develop magnetically actuated microfluidic devices. The avenues created by this fusion has 

wide variety of applicability which is not only limited to physics and engineering. In fact, one of 

the first applications of magnetic particles and magnetic field was in a batch scale clinical 

biosciences application, even before microfluidics came into existence. They are used in DNA 

extraction[31], cell separation[32] and antibody detection[33-36]. The advantage of the magnetic 
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particles is their easy handling and the ever increasing choice of surface functionalization 

available in the market [37]. In general, bioanalytical protocols employing magnetic particles 

repeat a series of particle handing steps, as shown in Figure 1.1. The mixing with a sample 

solution is followed by the concentration of the particles via a permanent magnet. The sample 

solution is removed and the particles are re-suspended in the medium of the subsequent step, 

such as a washing solution or detection substrate. In comparison with other concentration or 

separation procedures, magnetic separation does not require additional elaborate equipment, but 

simply a field gradient generated by a permanent magnet [38] or a specially designed 

electromagnet[39]. 

 
Figure 1.1 Schematic of Bio-analytical protocol employed in laboratory using magnetic particles: A) Magnetic 

nanoparticles employed in mixing, separation, and detection process (B) Surface Plasmon Resonance (SPR) 

detection instrument with conceptual schematic. 
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Furthermore, the magnetic particles serve not only as markers for the biomolecules of choice, but 

also as substrates and handles for manipulation. This multi-functionality of the magnetic 

particles makes them ideal candidates for being the active component in miniaturized 

bioanalytical systems[40]. Subsequently, LOC-type systems employing magnetic microparticles 

as either active or passive components are steadily gaining impact and importance, as recent 

publications show [29]. Some new applications stemming from this fusion include pumping and 

mixing of fluids, as well as the incorporation of switches and valves into lab-on-a-chip devices 

have been successfully developed[29]. In recent years, microfluidic bioseparation system based 

on magnetic particles have been successfully developed for separation, analysis and detection of 

biomolecules [41-47], immunoassay of proteins [48, 49], purification of DNA [50], fluid mixing 

[51], and cell separation[52, 53]. Magnetic forces are successfully used in these systems to 

transport, position, separate and sort magnetic as well as non-magnetic objects. Bio-assays have 

also been performed on the surface of magnetic particles trapped inside a microchannel. More 

recently, on-chip detection techniques based on magnetic forces [54-56] have been investigated 

and basic research of magnetic behavior, not possible on the large scale, has also been 

undertaken in the confined space of microchannels.  

1.3 Motivation 

 

Recent developments made in the development of magnetic microfluidic systems are based on 

functionalized magnetic beads or microparticles [29, 52, 53, 57-60] (see Figure 1.2). Compared 

with magnetic microparticles or microbeads, superparamagnetic iron oxide magnetic 

nanoparticles are more promising and interesting for a number of reasons. These particles 

possess better properties such as higher surface to volume ratio [37, 61, 62] for chemical binding, 

minimum disturbance caused due to attached biomolecules because of their extremely small size, 
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and moreover they are superparamagnetic [37] , i.e., their magnetization without a magnetic field 

is zero. This is important because unlike microparticles or microbeads they do not agglomerate 

and stay suspended in carrier liquid when the magnetic field is removed. This makes it easy for 

the removal or capture of tagged biomolecules of interest. Moreover, with no magnetic memory, 

the particle flow is highly predictable in microfluidic. This is an advantage, especially in 

complicated processing methods. The dimension of magnetic nanoparticles is also smaller or 

comparable to those of a biomolecules like cells, proteins, DNA as such they provide closer 

interaction and tagging.  

 
Figure 1.2 Schematic of Magnetic Nanoparticles functionalized with different biomolecules. 

 

Another important advantage of action at a distance allows their use in microchannels with 

relatively simple design. It is possible to manipulate the magnetic nanoparticles using an external 

field. Hence, the particles may be effectively separated or sorted from a carrier fluid which 

otherwise flows steadily. They can be easily tagged to biomolecules for bioseparation and pre-

concentration. This allows using reagents from various sources, directed to the site, as needed by 

the process while arresting the motion with a magnetic field. Further, as mentioned previously, 

due to low residual magnetism, the particles readily re-disperse into the flow upon removal of the 
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field. Motion of magnetic nanoparticles in a microfluidic channel can also be controlled using a 

time-dependent magnetic field in a manner that the particle-fluid hydrodynamic interaction 

causes mixing. The inherent benefits offered by magnetic actuation using magnetic nanoparticles  

includes: reduced reagent costs, elimination of labor intensive steps, easy automation, high purity 

and decreased processing time compared to conventional methods. Overall, magnetic 

nanoparticles offer numerous advantages and their introduction in a microfluidic Lab-on-a-chip 

system is expected to greatly enhance the device functionality. 

1.4 Scope and Outline of the Thesis 

 

In recent years, a wide range of methods for the handling of liquids in microfluidic systems have 

been proposed and developed [13, 30, 63]. In parallel, wide array of sensors, mixers, separators, 

ready to be integrated into complete miniaturized analytical systems, have been demonstrated, 

resulting in new approaches for Lab-on- a-Chip systems.  In this work we propose a novel 

approach of using magnetic manipulation technique to carry out each unit operation in these 

miniaturized systems. Based on the conceptual design shown in Figure 1.3, we can envision our 

Lab-on-a-Chip toolbox containing different unit operation such as mixing, separation, and 

detection. In Figure 1.3, we can see that two streams, one consisting of target biomolecules, and 

the other with magnetic nanoparticles enter the microchannel. They do not mix at all due to low 

diffusivity without external or internal perturbation. Magnetic nanoparticle solution can be 

stirred using time-varying magnetic field generated by the magnetic source present in the vicinity 

of microchannel. This causes turbulence and enhanced mixing in order to bring tagging on chip. 

Once the target biomolecles are tagged with magnetic nanoparticles, they are separated from 

non-magnetic stream containing non-targets using magnetic field source. This process helps in 

pre-concentrating the solution and removing the unwanted noise.  
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Figure 1.3 Conceptual view of proposed Lab-on- a-Chip toolbox containing different unit operation such as mixing, separation, and detection
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The magnetic targets are then directed towards sensing surface and diffusion limitation for 

surface-based kinetics is overcomed by focussing targets on surface-bound antibodies using 

magnetic field. These operations form the building blocks of any analytical procedure whether it 

is performed on miniaturized chip or in conventional laboratory.  Our idea is to employ magnetic 

field to mix, separate, and detect biomolecules efficiently. Magnetism in the microfluidics will 

streamline each unit operation which is simple to develop and can easily be integrated. The 

overall objective of this work is to study the combination of magnetic manipulation by using 

magnetic nanoparticles with other elements of the microfluidic toolbox and to examine the 

applicability of developing a simple, fast, and sensitive miniaturized bioanalysis system. In this 

work we propose to combine theoretical models and proof-of-concept experiments to design and 

develop components of a lab-on-chip system that will significantly improve the ability to mix, 

separate and detect biomolecules in a manner that is more efficient than present generation 

microfluidic system. We will deploy iron-oxide magnetic nanoparticles enhanced magnetic 

actuation strategy for mixing, separation, and detection on a microfluidic platform and study 

important parameters that govern the efficiency of these systems. Residence-time distribution 

(RTD) analysis, for the first time, will be successfully applied both in theoretical and 

experimentation to predict the performance of microfluidic system. It will also be used to 

investigate and optimize design parameters used in the magnetically actuated microfluidic 

system. This doctoral thesis combines theory, modeling, design, fabrication, and proof-of-

concept experiments to facilitate development of magnetic actuation-based microfluidic unit 

operations and can be classified in two broad categories: 
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A Design and Analysis 

i) Development of magneto-hydrodynamic finite element models (MHFEM) using 

COMSOL Multiphysics. 

ii) Studying magnetically enhanced mixing, separation, detection process on-chip using 

MHFEM. 

iii) Using Residence time distribution (RTD) analysis for characterization of 

magnetically enhanced mixing in microfluidic systems. 

iv) Proposing optimized process parameters for designing and developing the magnetic 

microfluidic systems. 

B Proof-of-Concept Experiments & Validation 

i) Assembly of microfluidic platform together with fabrication of microfluidic channel 

using low cost, robust, and easy in-house technique to study the magnetically 

enhanced mixing and separation. 

ii) Investigation and evaluation of capturing and separation dynamics of MNPs in 

microchannels. 

iii) Characterization of mixing process in microchannel using Residence Time 

Distribution (RTD) analysis. 
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2. LITERATURE REVIEW & BACKGROUND 

2.1 Microfluidic Lab-on-a-Chip Unit Operations 

 

2.1.1 Mixing in microfluidics 

Mixing is a fundamental step in most of the microfluidic systems used in biochemistry analysis 

where biological processes such as enzyme reactions often engage reactions that require mixing 

of reactants. Mixing is also essential in LOC platforms for tagging of specific entities by some 

labels such as magnetic particles which are used for actuation. Micro-mixers can be integrated in 

a microfluidic platform or utilized as a stand-alone device. However, mixing several fluids at the 

micro-scale is not as easy as it might seem at first glance. As discussed earlier, the Reynolds 

number at these dimensions is usually quite small and no turbulence takes place. Therefore, flow 

streamlines do not interfere with each other which results in zero mixing. Nevertheless, over 

small distances mixing can be performed by diffusion phenomenon. Alternatively, mixing may 

be enhanced by chaotic patterns, which can be induced by various schemes. Micro-mixers can be 

generally categorized as passive and active mixers. In passive micro-mixers where no external 

energy is required, the mixing process can rely on diffusion or chaotic advection. Passive mixers 

can be further categorized by their arrangement for the mixed phases such as lamination, 

injection, chaotic advection and droplet. In active micro-mixers an external field is used to 

generate disturbance to enhance the mixing process. Therefore, active mixers can be categorized 

by their type of external sources such as pressure, temperature, electrokinetics, and acoustics. 

Almost in all active mixers the basis of mixing is the chaotic advection of the flows. In the 

following sections, a brief introduction on the diffusion and chaotic advection phenomena is 

given and, subsequently, the review considers various types of passive and active micromixers. 
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2.1.1.1 Diffusion 

Diffusion is the instinctive spreading of matter (particles), heat, or momentum and represents one 

type of transport phenomenon. It is the movement of entities from regions with higher chemical 

potential to lower chemical potential. One type of diffusion is the molecular diffusion (Brownian 

motion) in which we are dealing with transfer of the matter. Here, chemical potential can be 

interpreted as the concentration of molecules or particles. In fact, Brownian motion is an entropy 

minimizing process occurring in the presence of a non-uniform distribution of molecules. In 

microfluidic systems, the molecular diffusion is the dominant mechanism of mixing of mass 

species unless some external perturbation is applied. It is, however, mostly too slow and thus 

impractical in many cases, especially for large molecules. Let us estimate the characteristic time 

of diffusion. The reason for the diffusion is the large gradient of the concentration of the fluid 

molecules (or suspended particles) which exists when two different liquids have a common 

interface. The mathematical model of diffusion can be described by Fick‘s second law [64, 65]: 

 

CD
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where C is the concentration for a particular fluid molecule type and D is the solute diffusion 

constant. For steady state diffusion (when the concentration within the diffusion volume does not 

change with respect to time) the Eq. 2.1, is reduced to Fick‘s first law, which gives the flux of 

the diffusing species as a function of the change in concentration in space (distance): 
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where J is the diffusive mass flux per unit of area (area perpendicular to x) and x is the position. 

D, diffusion coefficient or diffusivity, is defined as: 
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where 

• κ is the Boltzmann‘s constant (=1.35054×10
-23

 [J/K]) 

• T is the absolute temperature of the fluid 

• r is the molecular radius of the solute 

• μ is the dynamic viscosity of the fluid 

 

Temperature dependency of the diffusion coefficient is associated with this fact that the 

Brownian motion of the particles is due to the applied forces from small liquid molecules which 

are excited by the temperature. The average time for the suspended entity to diffuse over a given 

distance is directly proportional to the square of the distance: 

 

DL2  (2.4) 

 

where L is the characteristic mixing length (e.g., channel width) and   is the time of mixing. 

can be up to the order of 10
5

 seconds for particles with 1 μm diameter dispersed in water solution 

diffusing a distance of 100 μm. Obviously, such a diffusion time is not realistic and microfluidic 

devices that employ natural diffusion as their sole mixing mechanism will not be able to satisfy 

the rapid mixing requirement in bio-chemical analyses. Therefore, an innovative method of 

mixing is essential to enhance the process. As Eq.2.4 suggests, the rate of diffusion is dependent 

on diffusion coefficient, and the mixing length. Both viscosity and diameter are intrinsic 

properties of the solution and the chosen species, and thus the only remaining possibility of 

enhancing diffusion is to increase the contact surface and decrease the diffusion path. 
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2.1.1.2 Chaotic advection 

In addition to diffusion, advection is another important form of mass transfer in flows. Advection 

is normally parallel to the main flow direction, and is not functional for the transversal mixing 

process. However, the so-called chaotic advection can enhance the mixing in microfluidic 

devices significantly. Mixing in these devices generally involves two steps; at first, a 

heterogeneous mixture of homogeneous domains of the two fluids is created by advection and, 

subsequently, diffusion between adjacent domains leads to a homogeneous mixture at the 

molecular level [66]. In the context of micro-mixers, the question arises on how the principle of 

chaotic advection can be implemented, as macroscale techniques such as employment of stirrers 

are not available. Chaotic advection can generally be produced by special geometries and three-

dimensional structures in the mixing channel or induced by an external force in passive and 

active micro-mixers, respectively. 

2.1.1.3 Passive micro-mixers 

Because of their simple concept, passive mixers were one of the first microfluidic devices 

reported. Here we review the passive mixers based on their arrangement for the mixed phases. 

2.1.1.3.1 Basic T-mixer and Y-mixer 

As discussed earlier, fast diffusion mixing can be accomplished by decreasing the mixing path 

and increasing the contact surface between two liquid phases. Lamination separates the inlet 

streams into ―n‖ sub-streams and then joins them into one stream. The most simple design is a 

channel with merely two inlets (n = 2); known as the T-mixer or the Y-mixer [67, 68]. Figure 2.1 

illustrate the design of a typical T-mixer and Y-mixer, respectively [69]. 
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Figure 2.1.1 Basic designs in parallel lamination; (a) T-mixer, (b) Y-mixer 

 

Since the basic T-mixer depends solely on molecular diffusion, a long mixing channel is required 

to accomplish the process. Nevertheless, efficient mixing may be achieved in a short mixing 

length at the expense of increasing the Reynolds number [70]. A chaotic regime can be induced 

at these high Reynolds numbers. Wong et al [71] reported a T-mixer which utilizes Reynolds 

numbers up to 500, where flow velocity is as high as 7.60 m/s at a pressure of up to 7 bar. 

However, in such micro-mixers, the high velocities on the order of 1 m/s or even higher require 

high supply pressures. The high pressure may be a crucial challenge for bonding and inter-

connection techniques. At rather high Reynolds numbers the basic T-mixer can be further 

modified by implementation of some obstacles in the channel, which generate vortices and 

chaotic advection.  

2.1.1.3.2 Passive micro-mixers based on multi-lamination (parallel lamination) 

Multi-laminating flow configurations are the ones in which the number of sub-streams is greater 

than two and can be realized by different types of feed arrangements. As explained, lamination is 

based on the concept of decreasing the mixing path by making narrow channels [72]. Another 

method to make narrow paths is by fabricating inter-digital structures in the channel [73]. The 

flow is usually driven by pressure, but can also be generated by electrokinetic forces [74, 75].  
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Vortex (cyclone) mixers are another type of multi-laminating mixers where fast vortices are 

generated to enhance mixing with multiple inlet streams focused in a circular chamber[76, 77].  

An alternative concept to reduce the mixing path for multi-lamination micromixers is 

hydrodynamic focusing. The basic design for hydrodynamic focusing is a relatively long channel 

with three inlets. The middle inlet is dedicated to the sample flow, while the solvent streams join 

through two encompassing inlets and act as the sheath flows. Hydrodynamic focusing technique 

was initially developed to enable fast mixing process. It reduces the stream width and, 

consequently, the mixing path. Knight et al [78] reported a prototype with a narrow mixing 

channel of 10 μm×10 μm in section. The sample fluid may be focused to a specific width by 

adjusting the pressure ratio between the sample flow and the sheath flows. In this way, diffusion 

distances are significantly reduced by compressing the fluid layer to a few micrometers, resulting 

in a mixing in the milliseconds range [79].  

2.1.1.3.3 Passive micro-mixers based on Split-and-Recombine configurations  

Split-and-Recombine (SAR) micro-mixers can improve the mixing by splitting and later joining 

the streams, creating sequentially multi-laminating patterns. For instance, the inlet streams may 

be first joined horizontally and then in the next stage vertically. SAR mixing commonly relies on 

a multi-step procedure. The basic operations are: splitting of a bi- or multi-layered stream 

perpendicular to the main orientation into sub-streams, re-direction or realignment of the sub-

streams, and the recombination of these. These basic steps are usually accompanied by one or 

more re-shaping steps[80]. After m splitting and joining stages, 2
m

 liquid layers can be 

laminated. The process leads to a 4
m-1

times improvement in the mixing time. 

Branebjerg et al. [81] and Schwesinger et al. [82] were among the first who considered a micron-

sized implementation of the SAR approach. Since then, several kinds of micro-mixers have been 
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realized utilizing some kind of multi-step SAR approach. The designs of SAR mixers differ in 

the exact geometry by which they actually achieve the fluidic arrangement. In context with 

micro-technological applications, the SAR concept is especially appealing, since it allows 

achieving fine multi-lamination with moderate pressure drops and without severe fabrication 

constraints. Melin et al [83] reported a simple design for a pressure-driven flow but it only 

worked for discrete liquid samples. 

2.1.1.3.4 Injection micro-mixers 

The basis of the injection mixing is similar to the SAR lamination mixer. However, instead of 

splitting both inlet flows, the mixer solely splits the solute flow into many sub-streams and 

injects them into the solvent flow. On top of one stream is an array of nozzles, which create a 

number of micro-plumes of the solute. These plumes enlarge the contact surface and decrease the 

mixing path, thereby improving the mixing efficiency.  Miyake et al [84] developed an injection 

micro-mixer with 400 nozzles which were arranged in a square array. The mixer has an area for 

mixing, which is very flat and thin with micro-nozzles provided at the bottom of the mixing 

chamber. First, the mixing area is filled with one liquid, and the other liquid is injected into the 

area through the micro-nozzles, making many micro-plumes. The nozzles are positioned very 

closely in rows, 10-100 μm apart, in order that the plumes may quickly diffuse for this distance. 

Thus, effective mixing will be performed without any additional driving. Similar technique for 

the mixing with different nozzle shapes was reported by other researchers [85, 86]. 

2.1.1.3.5 Droplet micro-mixers 

An alternative method for reducing the mixing path is to form droplets of the mixed liquids. The 

movement of a droplet leads to creation of an internal flow field which disturbs the fluid and 

causes mixing inside the droplet feasible. Droplets may be generated and manipulated 
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individually using pressure [87] or capillary effects such as thermo-capillary [88] and electro-

wetting [89, 90]. Moreover, droplets may be generated by virtue of the large difference of 

surface forces in a narrow channel with multiple immiscible phases such as oil-water or water-

gas [91]. In this micromixer, carrier liquid such as oil helps in formation of droplets of the 

aqueous samples. While moving through the channel, the sheer force between the carrier liquid 

and the sample accelerates the mixing process in the droplet (Figure 2.2). 

 

Figure 2.2 Droplet micro-mixer; (a) experimental results, (b) schematic representation of mixing process [91] 

 

2.1.1.3.6 Passive micro-mixers based on chaotic advection 

Chaos cannot occur in steady two-dimensional flows, but only in three dimensional and two-

dimensional time-dependent flows. In two-dimensional flows, time-dependency may be 

considered as an added third dimension. Time dependency may be induced by external forces, 

which is the principle of active mixing class. In passive micro-mixers the basic idea is to modify 

the configuration and shape of the channel in a way that leads to splitting, stretching, and folding 

of the flow. Here, we classify the passive chaotic mixers based on the range of flow Reynolds 
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number; high, intermediate and low. However, it is not always possible to dedicate a particular 

design to a specific range of Reynolds number. 

Chaotic advection at high Reynolds numbers (Re>100) 

A simple method is to insert obstacle structures in the mixing micro-channel in order to induce 

the chaotic advection. Various configurations and arrangements have been reported. Lin et al 

[92] used seven cylinders of 10 μm diameter placed in a narrow channel (50 μm × 100 μm × 100 

μm) to enhance mixing. The mixing was performed with Reynolds numbers ranging from 200 to 

2000 and a reaction time was 50 μs. Wang et al [93] reported a mixer using the same type of 

obstacles with different arrangements and carried out a numerical investigation of the mixing at 

high Reynolds numbers. The mixing channel was 300 μm in width, 100 μm in depth and 1.2-2 

mm in length, and the diameter of the obstacle was 60 μm. It was revealed that obstacles in a 

channel at low Reynolds numbers cannot generate eddies or re-circulations. However, simulation 

results showed that obstacles could enhance the mixing performance at high Reynolds numbers.  

An alternative method to generate chaotic advection is by utilizing zigzag channels to produce 

re-circulation. Mengeaud et al [94] used a micro-channel with a width of 100 μm, a depth of 48 

μm and a length of 2 mm. In conducting a numerical investigation, they adopted the periodic 

steps of the zigzag shape as the main optimization parameter. Reynolds number was varied 

ranging from 0.26 to 267 and a critical Reynolds number of 80 were found. Below this number 

the mixing process relied entirely on diffusion whereas as at higher Reynolds numbers, mixing 

was performed by the generated re-circulations at the turns along the channel. The re-circulations 

could induce a transversal component of the velocity, which enhances the mixing process. 
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Chaotic advection at intermediate Reynolds numbers (10<Re<100) 

Most of the micro-mixers in this category are based on the modified three dimensional twisted 

channels, but there may be some exceptions as well. For instance, Hong et al [95] presented an 

in-plane micro-mixer with two-dimensional modified Tesla structures. The Coanda effect in this 

structure leads to chaotic advection and enhances mixing noticeably. The mixer performs well at 

Reynolds numbers higher than 5. Liu et al [96] reported a three-dimensional serpentine mixing 

channel comprised of a series of C-shaped segments placed in perpendicular planes. The micro-

mixer has two inlet channels joined in a T-junction and a sequence of six mixing segments. It 

was observed that the mixer is that the mixing time is short at higher Reynolds numbers; chaotic 

advection only occurred at Reynolds numbers ranging from 25 to 70. Park et al [97] presented 

the results for mixing two fluids in a three-dimensional passive rotation micro-mixer using the 

break-up process). The complex channel rotates and separates the two fluids by partitioning 

walls, and consequently, generates smaller blobs exponentially. In practical experiments, over 

70% mixing was achieved at Re=1, 10 and 50, only after passing through a 4 mm long channel. 

Vijayendran et al [98] reported a three-dimensional serpentine mixing channel where the channel 

was designed as a series of L-shaped segments in perpendicular planes. The mixer was 

experimentally tested at Reynolds numbers of 1, 5 and 20. The results indicated that better 

mixing was achieved at higher Reynolds numbers. Jen et al [66] proposed various designs of 

twisted micro-channel providing a third degree of freedom for chaotic advection. Mixing of 

methanol and oxygen was numerically investigated at different velocities (0.5- 2.5 m/s).  

Chaotic advection at low Reynolds numbers (Re<10) 

One of the most promising types of the passive micro-mixers falls in this category which works 

based on the idea of placing micro-structured objects within the flow passage on one side of the 
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channels. Stroock et al [99] was the first to investigate this concept and since then, much effort 

has been dedicated to improve their proposed mixers. Stroock et al [99-101] pointed out different 

ways of creating secondary re-circulating flows in a channel. They considered geometries with 

grooved channel walls, such that at least one of the walls contains ridges standing at a tilted 

angle with the main flow direction. Two different groove patterns were considered; obliquely 

oriented and staggered ridges. They referred to later one as the staggered herringbone mixer 

(SHM). One way to induce a chaotic pattern is to subject volumes of fluid to a repeated sequence 

of rotational and extensional local flows. This sequence of local flows in the SHM may be 

obtained by varying the shape of the grooves as a function of axial position in the channel: The 

alteration in the orientation of the herringbones between half cycles exchanges the positions of 

the centers of rotation and the up and down-welling in the transverse flow. When a pressure-

driven fluid flows over such a surface, the grooves can be viewed as if they induce a slip flow in 

a particular direction. Confined to a channel, the flow develops re-circulation patterns, which 

leads to an exponential increase of specific interface, therefore to fast mixing. The SHM mixing 

is superior to similar channels without inserted structures or with straight ridges only. SHM can 

work well at a Reynolds numbers ranging from 1 to 100. The effect of chaotic advection in a 

channel with grooves was numerically investigated by Wang et al [102] and Aubin et al. [103] 

using CFD methods. They showed that an exponential stretching of the fluid interface occurs 

where with simple linear grooves (straight ridges), the interface area increases more slowly.  

2.1.1.4 Active micro-mixers 

As discussed earlier, in active micro-mixers an external field is used to generate disturbance to 

enhance the mixing process. Most of the active mixers rely on the chaotic regime induced by 
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virtue of the induced periodic perturbation. In the following, various active mixers classified by 

the type of employed external sources are presented. 

2.1.1.4.1 Micro-impellers 

Traditionally, stirring with impellers is the most common way to perform mixing of large 

volumes. However, several miniaturized stirrers have been developed for mixing of the liquids in 

micro-scale [104-106]. In macroscopic stirrers, the stir-bar or propeller rotation causes 

turbulence by increasing the local velocity. In microscale, the stir-bar helps mixing by providing 

more interfacial area rather than inducing turbulence. Claimed advantages of such mixers are the 

possibility to match the impeller diameter to the mixing volume, carry out large-area mixing, 

undergo mixing on-demand (switch on/off), and the flexibility of the mixing approach regarding 

the choice of liquids. A micro-stir-bar with a span of 400 μm was fabricated and placed at the 

interface between two liquids in a PDMS channel by Ryu et al [105]. An external magnetic field 

provided by a rotating magnet in a hotplate/stirrer drives the stirrer remotely. Experimental 

results proved that nearly complete mixing is achieved instantly.  

2.1.1.4.2 Pressure field disturbance 

Pressure disturbance was one of the earliest methods used in active micro-mixers where an 

integrated or an external micropump drives and stops the flow in the channel to divide the mixed 

liquids into multiple serial segments and make the mixing process independent of convection. 

The performance of this mixer was evaluated and mixing was found to proceed quickly in the 

mixing channel[107]. Another method to achieve pressure disturbance is the generation of 

pulsing velocity by alternating switches of the flows from a high to a low flow rate, periodically. 

In this way, a pulsation of the whole stream is achieved promoting axial mixing. Glasgow and 

Aubry [108] reported a simple T-mixer and detailed CFD simulations with a pulsed side flow at 
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a small Reynolds number of about 0.3. When both inlets have constant flow rates, the mixing 

zone is confined to a narrow band around the horizontal interface. Time pulsing of one inlet flow 

rate distorts the interface to an asymmetrically curved shape which changes with time. Therefore, 

liquid transport is promoted and mixing is improved. The degree of mixing was 22%, being 79% 

larger than for constant flows. The periodicity and the number of pulsing streams have a 

significant effect on the mixing efficiency. The best results were obtained for two pulsed inlet 

flows having a phase difference of 180º with the same amplitude and frequency. CFD 

simulations showed the bending of the fluid interface along the channel cross-section and 

associated stretching and folding in the direction of the flow. The corresponding degree of 

mixing was considerably increased to 59%. However, such devices require a complex computer 

controlled source-sink system. 

2.1.1.4.3 Acoustic/Ultrasonic disturbance 

Acoustic (ultrasonic) actuation may be utilized to stir the fluids in active micromixers [109-111]. 

However, ultrasonic mixing may be a challenging issue in applications for biological analysis 

owing to the temperature rise due to acoustic energy. Many biological fluids are sensitive to high 

temperatures. Moreover, ultrasonic waves around 50 kHz are harmful to biological samples by 

virtue of the possible cavitations. The non-destructive ultrasonic mixer reported by Yasuda et 

al.[110] used loosely focused acoustic waves to induce stirring movements where the wave was 

generated by a piezoelectric zinc oxide thin film. The actuator was driven by a programmable 

function generator providing a 500 kHz/3.5 MHz sine waves and programmed waveforms 

corresponding to the thickness-mode resonance of the piezoelectric film. The mixer performed 

without any consequential temperature increase and could be used for fluids sensitive to the 

temperature. An air bubble in a liquid can perform as an actuator, when it is energized by an 
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acoustic field. The bubble surface behaves like a vibrating membrane and this type of actuation 

is mainly dependent on the bubble resonance characteristics. Bubble vibration due to a sound 

field generates friction forces at the air/liquid interface which leads to a bulk fluid flow around 

the air bubble (known as cavitations or acoustic micro-streaming). Liu et al[112] used acoustic 

streaming around an air bubble for mixing where streaming was induced by the field generated 

by an integrated PZT actuator. Fluidic movements led to the global convection flows with 

―Tornado‖ pattern in the vicinity of the bubbles. The time required to fully mix the whole 

chamber was approximately 45 s. Yaralioglu et al [111] also used acoustic streaming to perturb 

the flow in a conventional Y-mixer. 

2.1.1.4.4 Electro-hydrodynamic (EHD) disturbance 

Electro-hydrodynamic effect has been used to generate chaotic flows in micromixers [113-115]. 

A simple geometry mixer was proposed, which works based on the EHD force when the fluids to 

be mixed have different electrical properties and are subjected to an electric field [113]. The 

electrodes are arranged so that the electric field is perpendicular to the interface between the two 

fluids, creating a transversal flow. Two fluids of identical viscosity and density, but with 

different electrical conductivities and permittivity‘s were used for experiments. Each fluid enters 

the microfluidic chamber in its own inlet channel. As soon as they meet, a jump in electrical 

conductivity and/or permittivity is generated at the interface between the two fluids, which has 

no effect as long as the electric field is absent. However, as the fluids enter the electric field 

influence zone close to a pair of facing electrodes, they are subjected to an electrical force, which 

creates a transversal secondary flow across the interface between the two fluids, therefore 

destabilizing the interface and enhancing the mixing process. By alternating the voltage and 
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frequency on the electrodes, efficient mixing was obtained in less than 0.1s at a low Reynolds 

number of 0.02.  

2.1.1.4.5 Magneto-hydrodynamic (MHD) disturbance 

The magneto-hydrodynamic force has been utilized in an active micro-mixers reported by Bau et 

al [116]. This mixer uses the arrays of electrodes deposited on a conduit‘s wall. By applying 

alternating potential differences across pairs of electrodes, currents are induced in various 

directions in the solution. In the presence of a magnetic field, the coupling between the magnetic 

and electric fields induces body (Lorentz) forces in the fluid which in turn produce mixing 

movement in the chamber. The Lorentz force can roll and fold the liquids in a mixing chamber. 

After each time unit (a few seconds), the polarity of the electrodes and the direction of the 

Lorentz force are reverse and the dye returns to its previous initial position. After several 

reversals, dye continues to deform in opposite directions and eddies are formed. These concepts 

work only with an electrolyte solution. Since the electrodes can be patterned in various ways; 

relatively complex flow fields can be generated. 

2.1.1.4.6 Electro-Osmotic disturbance 

Lin et al [117]  reported a T-form micro-mixer using alternatively switching electroosmotic flow. 

A switching DC field is utilized to generate an electroosmotic force which concurrently drives 

and mixes the electrolytic fluid samples. It was shown that a mixing performance as high as 97% 

can be obtained within a mixing distance of 1 mm downstream from the T-junction when a 6 

kV/m driving voltage and a 2 Hz switching frequency are applied. Design and fabrication of a 

ring electroosmotic chaotic micro-mixer with integrated electrodes was reported by Zhang et al 

[118]. It takes two fluids from different inlets and combines them into a single channel where the 

fluids enter the central loop in downstream. Four microelectrodes are positioned on the outer 
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wall of the central loop with an angular distance of 45º. These microelectrodes impose a spatially 

varying electric field, and the fluids are manipulated via the electroosmotic slip boundary 

condition before they enter the outlet channel. Electric potentials on the microelectrodes are 

time-dependent, which adds the third dimension necessary for chaotic mixing. Generated 

electroosmosis agitates the low Reynolds number flow. Sasaki et al [119] presented a mixer 

based on AC electroosmotic flow, which is induced by applying an AC voltage to a pair of 

coplanar meandering electrodes configured in parallel to the channel. The mixing time was 0.18 

s, which was 20- fold faster than that of diffusional mixing without an additional mixing 

mechanism. Tang et al [120] also utilized an electroosmotic flow to improve mixing where 

switching on or off the voltage supplied to the flow generates fluid segments in the mixing 

channel. This flow modulation scheme was capable of injecting reproducible and stable fluid 

segments into microchannels at a frequency between Hz and 1 Hz.  

2.1.1.4.7 Magnetophoretic disturbance 

The magnetic field-induced migration of particles in liquids is known as magnetophoresis. 

Recently, in addition to separation which will be discussed later in the section, magnetophoretic 

forces are exploited to enhance the mixing of the particles in a solution in micro-scale devices. A 

magnetic force driven chaotic micro-mixer was reported, in which magnetic particles are stirred 

by the local time-dependent magnetic field to enhance the attachment of magnetic particles onto 

biological molecules suspended in the medium [43, 121-124]. Serpentine channel geometry with 

the perpendicular electrodes arrangement was used to create the stretching and folding of 

material lines as demonstrated by Suzuki et.al[122].  It is claimed that good mixing was achieved 

in a short time (convective time of less than 10 s) and distance (mixer length of 1.3 mm). 
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However, manufacturing the proposed mixer requires the utilization of complex microfabrication 

techniques.  

Each of the investigated mixers has its own specific advantages and drawbacks and there is not 

any particular type as the best general candidate for the mixing process in micro-scale. 

Therefore, one must decide on an appropriate mixer type considering various parameters such as 

desired functionality, fabrication costs, disposability, and operating conditions. Generally 

speaking, passive micro-mixers are more preferable as no external source is required to drive 

these devices. Integrating actuation mechanisms such as heaters, micro-conductors, power 

generators and controllers to provide the required external energy in active mixers, calls for 

employment of sophisticated fabrication techniques, which in turn adds an extra cost to the 

manufacturing process. This may be a challenging issue particularly for disposable devices. 

However, there are some exceptions in passive mixers where fabrication of microchannels with 

three-dimensional configurations such as Tesla structure, staggered herringbone parts and 

obstacles is as complex as active mixers. Perhaps, most convenient mixers from fabrication point 

of view are passive mixers, which rely on lamination techniques and no complex structure or 

component is required to operate them. Performance of the micro-mixer can be a crucial factor in 

determining the proper type of mixing mechanism for a particular application. Extent of the 

mixing of micro-particles in bio-fluid, for instance, has a significant effect on the quality of 

whole magnetic isolation process. Therefore, a mixing technique with sufficient capability must 

be adopted for this protocol. Efficiency may also be interpreted as the mixing time or the space 

required (e.g., channel length) to achieve the full extent of the mixing as in most of the integrated 

systems, a considerable effort is dedicated to minimizing these factors. In fact, one often needs to 

reach a compromise between different parameters regarded as the efficiency of the mixer. 
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Moreover, controllability of the mixer must be factored in. While active mixers can be activated 

on-demand (switch on/off), in a passive mixer there is not any chance to operate the device in 

particular ranges of time or space. Micro-mixers are widely used in chemical, biological and 

medical analysis applications where one deals with variety of fluidic environments. Each type of 

fluids has its own intrinsic properties such as viscosity, density, electrical properties, etc. 

Therefore, based on the working fluid, a proper type of the mixing technique must be adopted as 

some of the mixers are designed to work with particular liquids. For instance, in most active 

mixers where the driving force is electrokinetic, the possibilities for two mixing phases are 

limited; MHD mixers work solely with electrolyte solutions, in EHD mixers two fluids are 

expected to have distinct different electrical properties such as conductivity and permittivity, 

electroosmotic mixers are highly dependent upon pH and the concentration of the different ion 

species in the solution, and finally in dielectrophoretic and magnetophoretic mixers, presence of 

some polarisable elements in mixing phases is essential. On the other hand, another major 

limiting factor for mixing phases must be taken into account for almost all passive mixers, which 

rely on lamination methods; if a particle laden fluid is passed through narrow channels the 

probability of clogging is very high. Moreover, in those mixers where embedded conductors are 

utilized to supply necessary electric or magnetic field for actuation, heat generation can be a 

challenging issue for buffers sensitive to high temperatures. The same problem is observed in 

acoustic micro-mixers. In addition to the type of mixing liquids, operating conditions such as 

pressure and bulk fluid velocity (Reynolds number) may be a crucial parameter in choosing the 

suitable micro-mixing mechanism. For instance, as discussed earlier, a passive micro-mixer with 

inserted obstacles which relies on the chaotic advection is not an appropriate candidate for 

mixing of flows with low velocities. Having considered the properties of buffer containing 
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magnetic nanoparticles and the presence of particles themselves, in this research it was decided 

to employ magnetophoretic forces to perform the mixing as the same type of force is used for 

separation and detection stage. Besides this view to ultimately integrate the mixer to the 

magnetic isolation chip as its particular application, it was intended to propose a mixer with 

flexibility of the mixing approach regarding the choice of liquids. Magnetic nanoparticles can be 

loaded into most fluids and be utilized as a label for actuation. After the mixing, particles can be 

easily separated in downstream. 

2.1.2 Magnetic Separation/ Isolation/Trapping 

In the field of medicine and life sciences it is often essential to separate specific biomolecules or 

cells out of their native environment. This is done in order to pre-concentrate samples which may 

be prepared for subsequent analysis in downstream or other applications [61]. Generally, there 

are two types of magnetic sorting or magnetic manipulation techniques. In the first type, 

biomolecules or cells to be isolated demonstrate adequate intrinsic magnetic property so that 

magnetic manipulation or separations can be performed without any modification. There are 

solely two types of such biological molecules in the nature, namely red blood cells (erythrocytes) 

containing high concentrations of paramagnetic hemoglobin, and magnetotactic bacteria 

containing small magnetic particles within their cells [125]. However, to separate or manipulate 

these molecules, an external high magnetic field gradient or force is required. In the second type, 

non-magnetic target entities or biological molecules have to be tagged by a magnetic label to 

achieve the required contrast in magnetic susceptibility between the target and the solution. 

Through the use of a magnetic label and a proper magnetic field, a five-order-of magnitude 

difference in magnetic susceptibility between a labeled and unlabeled cell may be obtained[126, 

127]. These labels are often known as magnetic micro/nanoparticles. Advances in particle 
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synthesis methods and other associated nanotechnologies have led to availability of magnetic 

micro/nanoparticles, with different surface modifications, over the last decade [128-130]. These 

particles have many important applications in chemical and biomedical research [61] industry. 

The procedure of combining target molecules with magnetic particles is often referred as 

tagging. In this process modification of the surface of the micro/nanoparticles is done in a way 

that it facilitates chemical binding between target entities and particles. In this technique the 

surface of particles is chemically functionalized through a coating process, thereby providing a 

link between the particle and the target site on a cell or a biomolecule. This coating is a specific 

biocompatible substance and can be an antibody or an m-RNA string but the possibilities are 

numerous. Magnetic tagging of cells/biomolecules can be achieved not only by attaching 

magnetic particles to the surface [32, 126, 131] but also by introducing magnetic nanoparticles 

into the cell [132]. Figure 2.3 shows an example of magnetic particles with different functional 

groups attached to their surface, respectively. 

 

Figure 2.3 Magnetic micro-particles (a) 1 µm Dyna-beads, (b) schematic diagram of functionalized magnetic 

particles [29] 

 

If magnetic particles are coated with an antibody and then mixed into a solution containing the 

target antigen along with other materials only the target antigens will bind to the antibodies and 

thus to the magnetic particles. If the magnetic particles can be subsequently separated from the 
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solution the target antigens will also be separated from the solution in this way. The separation 

step is made possible through utilizing magnetic properties of the particles. The particles used for 

this purpose are mostly magnetite (Fe3O4) or its oxidized form maghemite (γ-Fe2O3) and are 

magnetized in an external magnetic field. Such external field, generated by a permanent magnet 

or an electromagnet, may be used to manipulate these particles through magnetophoresis 

phenomenon (i.e., migration of magnetic particles in liquids). By virtue of their small size; 

ranging from 100 μm down to 5 nm, particles lose their magnetic properties when the external 

magnetic field is removed, exhibiting superparamagnetic characteristics, which means they have 

neither coercivity nor remanence. If the fluid mixture containing magnetically labeled cells are 

passed through a region where there is magnetic field, particles and therefore tagged cells will be 

immobilized while rest of the fluid is washed away. In fact, magnetic particles are used as a label 

for actuation. In the next step, magnetic field is removed and particle-cell complex is free to flow 

and be collected for further analysis in downstream. Commercial magnetically-activated cell 

separation (MACS) columns [133] (MACS system, Miltenyi Biotec GmbH, Bergisch Gladbach, 

Germany; MPC separator series, Dynal AS, Trondheim, Norway) are already available. The 

column with steel wool is placed between the poles of a magnet. The magnetic beads labeled 

cells will be attracted by the wool matrix and the unlabeled cell are eluted. The labeled cells can 

be eluted by removal of the magnet. However, these systems have several drawbacks, such as the 

requirement of large number of samples, long analysis times and the discontinuous separation. 

Another big disadvantage is that the cells will be damaged by the strong surface tension when 

attracted by the wool matrix. Important clinical and research applications often involve very 

small and valuable samples. Magnetic field based bioseparation in a microfluidic systems is 

receiving increased attention because of its vast applications in biomedical research, clinical 
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diagnostic and biotechnological sciences. Its principle involves isolating biomolecules of interest 

from the bulk mixture by attaching them to small magnetic particles and then recovering it by 

using an external magnetic field [41, 132, 134] in a continuous process. The use of microfluidic 

technology has provided a means to separate low volumes target molecules at faster rate.  In the 

past few years, several microfluidic bioseparation system based on magnetic particles have been 

successfully developed for separation of biomolecules. The simplest and most conventional 

magnetic system is developed using permanent magnets. In such systems, the permanent 

magnets are generally placed alongside a microfluidic channel and the magnetic field gradient is 

adjusted by controlling the distance between the magnet and the microchannel, as well as the 

shape of the magnetic poles. The main advantage of using permanent magnets in such systems is 

the stability of the magnetic field, which at the same time is also its main disadvantage, since the 

generated field cannot be easily modulated. The magnetic separators with H-shape [135] or one 

inlet and multiple outlets (multi-phase flow) [136] or two inlet and two outlet (two-phase 

flow)[137-139] microchannel has been developed to separate magnetic and non magnetic 

microparticles as well as different magnetic particles. The only disadvantage is that magnets 

generate a very low gradient of magnetic field and therefore magnetic force on individual 

particles is too small. So low flow rates should be applied to such systems. However, for this 

kind of system, it is easy to apply the permanent magnetic field and does not need any 

complicated fabrication process of magnetic elements. Compared to permanent magnets, 

electromagnets offer a higher flexibility but generate lower magnetic fields. In order to 

maximally profit from the generated forces, the distance between the magnetic elements and the 

magnetic particles needs to be very small. Alternately, high gradient magnetic separator (HGMS) 

can generate a large magnetic force on the particles and it is much easier to implement compared 
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to the increase of magnetic strength have been developed. In these systems the magnetic field is 

generated in a multitude of ways, using wires [41, 134, 140], coils [46], tapered electrodes [141] 

or soft-magnetic elements that concentrate the magnetic field generated outside the chip[142]. 

The simplest and conventional design for high gradient magnetic separation (HGMS) is to place 

magnetic stainless steel wool into a tube, which is then placed between the poles of a permanent 

magnet [37]. With development of microfabrication techniques, integrating ferromagnetic wire 

into microfluidic devices attracts more and more attention and the requirements for field strength 

can also be reduced. Under the external magnetic field, the ferromagnetic wire will be 

magnetized. The magnetic field is deformed near the ferromagnetic wire and generates a high 

gradient magnetic field. Many HGMS have been developed, such as aligning magnetic strips 

[131] on the bottom of fluid chambers, depositing microfabricated magnetic wire in the middle 

of microchannel [143-145] or placing the magnetic element on one side [52] or both sides [146] 

of the channel. The magnetic elements will be magnetized by external magnetic field and 

generate a high gradient magnetic field. One big advantage of HGMS is that high field gradient 

will generate a large magnetic force on the particles and make the particles much easier to be 

separated compared to other magnetic separation methods. However, the magnetic field in the 

system is not uniform and high magnetic field and field gradient were generated near the 

magnetic elements. Particles will be attracted by the magnetic elements and it needs one more 

step to release the particles by removing the external magnetic field. For the cell separation 

application, the contact with surface of channel or magnetic elements will damage cells. The 

advantage of systems using electromagnets as compared to permanent magnets is the possibility 

of improved field control as well as the possibility of system automation. Further-on, 

electromagnets can be fabricated in smaller dimensions thus allowing to not only move clusters 
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of magnetic beads, but also single magnetic particles or single cells labeled with magnetic 

particles. The systems for the manipulation of magnetic microparticles can be divided into two 

groups: separation and trapping of the particles from a sample flow [146, 147] or guiding the 

transport of magnetic particles inside a channel [41, 134]. Magnetic separators that can be 

controlled by current have been developed to separate the magnetic particles with different 

magnetophoretic mobilities in a microfluidic channel using an alternating travelling magnetic 

field [148].  The magnetic particles can be moved step by step when the current was sent to the 

conductors alternatively and periodically. Ramadan et al. [57-59] also designed a magnetic 

device which consisted of arrays of microcoils with small conductors and with ferromagnetic 

pillars as magnetic cores. The magnetic pillars in the middle of each loop sharply enhanced the 

gradient of magnetic field. By alternatively injecting currents to the microcoils, magnetic beads 

can be attracted by the pillars and moved in different modes and step sizes. The first examples 

for microfluidic systems with electronic control of the movement of magnetic microparticles 

were presented by Lee et al.[140] and Deng et.al.[134]. Both these systems utilized multiple 

wires in order to generate consecutive magnetic field gradients, These kinds of systems are quite 

flexible and controllable, however, the particles can only be moved step by step and whole 

separation process is not continuous. Recently, various microfluidic systems have been 

developed, which profit from the duality (active element and mobile substrate) of the magnetic 

particles for performing bioseparation procedure on a chip. The systems differ in their use of the 

magnetic particles, which either serve as vehicles for the transport of molecules or cells to points 

of interest,  or as traps for capturing the molecules before and during reaction followed by 

separation.  Most microfluidic-based Lab-on-a-Chip systems employing magnetic microparticles 

follow hereby the procedure of macroscopic lab-bench protocols[149], which includes 
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incubation, washing and detection steps. We can see that the immobilization of the magnetic 

particles in the presence of a sample flow is an important feature of most channel based Lab-on-

a-Chip solutions. However continuous flow separation is highly desirable in some application 

such as blood purification. Recently, magnetic microparticle based system for continous 

separation of blood constituents‘ have been developed by Yung et al.[53]. This system takes the 

advantage of microfluidic continuous flow, low volumes and high gradient magnetic field using 

electromagnet. Although, this system exhibit high separation efficiency but it cannot be used for 

point-of-care applications or integrated on lab-on-chip for subsequent detection process.  In this 

thesis emphasis is given on understanding the trapping and separation process especially when 

magnetic nanoparticles are employed for lab-on-a chip systems. The advantages of using 

magnetic nanoparticles over microparticles and understanding of the dynamics of magnetic 

nanoparticle trapping and separation is discussed in more detail in later chapters. 

2.1.3 Magnetic particle-based Detection 

Mass transfer and reaction kinetics play a key role in developing high performance microfluidic 

detection system for life sciences and medical diagnosis. Most of these microfluidic devices rely 

on recognition–binding event most typically antigen-antibody also known as ―immunoassays‖ or 

―bioassays‖. They are used for detecting disease markers [150], drug screening [151], protein 

characterization [152], and DNA detection[153]. The fluid containing the target antigen flows 

through the microfluidic channels and is brought in contact with the surface bound 

complementary antibody. The antigen-antibody complex is detected and quantified either by 

using fluorescent techniques [154, 155] or surface plasmon resonance [156, 157] or by 

electrochemical methods [158, 159].  The purpose of a bioassay is to measure the concentration 

of a protein or biomolecules in a biological liquid such as serum, blood or urine. The assay takes 
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advantage of the specific binding of an antibody (Ab) to its Antigen (Ag). One of the most 

known and used methods is the Enzyme-linked immunosorbent assay (ELISA). Immunoassays 

may be classified into two main categories, heterogeneous and homogeneous assays. A 

heterogeneous assay requires a step to remove unbound Ab or Ag from the reaction site, whereas 

a homogeneous assay does not require this additional step. Therefore a heterogeneous 

immunoassay generally requires several washing steps to separate a solid phase from a liquid 

phase. In the past, several bioassays have been developed on a microfluidic platform [49, 160, 

161] in order to provide sensitive, selective, and rapid detection of biomolecules. Magnetic 

micro/nanoparticles have been widely used as signal reporters to detect various biomolecules 

[158] such as pathogenic bacteria [162], human allergen [163], and to facilitate location of 

cancerous cells [164]. Highly sensitive detection close to single magnetic particle is possible, if a 

particle is in close proximity and as long as all system dimensions including particle size and 

position, sensor area are scaled down proportionally[37]. There are relatively no efforts adopted 

where magnetic nanoparticles are employed to enhance the chemical sensitivity of surface 

binding reaction in a flow-through system.  Microfluidic biochemical systems take advantage of 

small reaction volumes and short diffusion lengths, thus reducing assay times and analyte 

consumption and potentially results in high detection sensitivity. They have been developed for a 

broad range of biomedical and bio-analytical applications and the major part of these 

microfluidic systems is based on the application of continuous flow using external syringe 

pumps or capillary driven flows. In late nineties researcher proposed a microfluidic H-filter[165], 

a simple device that filters particles by size without the need of a membrane . The same group 

also proposed a T-sensor that may be used to measure analyte concentrations, diffusivities of 

molecules or reaction kinetics [166]. A diffusion immunoassay based on a T-sensor was also 
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reported by Hatch et al. in 2001[167]. This competitive assay is based on the measurement of the 

distribution of a labeled probe molecule diffusing into a region containing capture Ab‘s.  

Another detection methodology employing polymerase chain reaction (PCR) successfully 

implemented on a chip [168, 169] for molecular diagnostics. PCR is a technique used to amplify 

a few copies of a DNA fragment by several orders of magnitude. The method relies on thermal 

cycling, consisting of cycles of repeated heating and cooling of the sample. On-chip PCR 

decreases the cycle time due to better and faster control of the fluid temperature. More recently, 

Sato et al. [170] presented one of the first bead-based immunoassay systems. This multichannel 

system was able to process four samples in parallel with one pump unit and to complete the 

assay in 50 minutes. Bead-based systems present the additional benefit of a large surface-to-

volume ratio and flexible surface functionalization on the bead surface [22, 171]. The following 

Section will focus on systems and techniques using micro and nanoparticles to perform on-chip 

immunoassays. One important parameter in microfluidic applications is the method used to drive 

the liquids through the microchannels. Three main techniques for liquid manipulation on-chip 

are often employed. The most evident actuation technique is the pressure driven-flow. A pressure 

difference between the inlet and the outlet forces the liquid to flow through the channel. The 

flow rate and velocity are defined by the fluidic resistance of the channel and the pressure 

difference. An efficient way to control the liquid velocity is using a syringe or micro pump that 

imposes constant flow rate. According to the Poiseuille‘s law, the no-slip condition at the 

channel walls induces a parabolic velocity profile. Electro-osmotic flow (EOF) is an electrical 

method to move liquids in capillaries or microchannels using based on the displacement of ions. 

When an electrolytic solution is introduced in a glass microchannel or a capillary, an 

accumulation of mobile charges occurs close to the surfaces. By applying an electric field along 
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the channel, these charges start moving and may drag the whole liquid due to viscous forces. 

EOF is characterized by a flat velocity profile. A liquid in a hydrophilic microchannel may also 

be moved by capillary forces. This flow actuation does not required external sources, but allows 

less flexible control of the flows. To perform an efficient bioassay several aspects have to be 

taken into account. Table 2.1 shows a comparison of the different methods considering important 

aspects that are required to perform an efficient bioassay on-chip using microparticles. A high 

force on the particle is needed for retention and fast actuation of the particles. The maximum 

possible distance range between the actuator and the particles is of importance to allow 

convenient integration into the microchip. For example, if particles have to be in direct contact 

with an electrode, the later has to be directly integrated into the microchip. This result in a more 

complex fabrication process compared to a system where the actuator can be placed externally in 

proximity of the channel. Release of the particles after an experiment for subsequent detection is 

a very important aspect in bioanalytical LOC systems and is therefore the main limitation 

preventing the use of non-reversible retention systems. The ability to concentrate the particles in 

a restricted volume is generally an advantage for controlling the incubation process of a bioassay 

as well as to increase the particles interaction and the detection signal. 

Table 2.1 Comparison of the different particle manipulation techniques (Abbreviations: MP= magnetophoresis, 

DEP= dielectrophoresis, MR= Mechanical Retention, and SP= superparamagnetic 

Strategy Force Re-suspension in fluid Concentration 

MP High Yes, if MNPs High 

DEP Low Yes Low 

Optical - Yes - 

MR Medium No High 

Acoustic Low Yes Medium 
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From Table 2.1, it is clear that the magnetophoresis method is one of the most competitive 

actuation tools for immunoassays on-chip. One of the reasons is the relatively high force that 

may be exerted on magnetic particles in a very simple manner, for instance by using a passive 

element (like a permanent magnet). Maximizing the exposure of the magnetic particle surface to 

a microfluidic flow for biomolecule capture is an issue of primary importance [37]. For that 

purpose, manipulation of magnetic particles on-chip is often used for the retention of particles 

from flow or the transport of biological molecules. The next section provides details of different 

type of actuation mechanism used to create magnetic field gradient (i.e. permanent magnets or 

electromagnets).  

2.1.3.1 Systems with external permanent magnets 

A simple approach consists in passively trapping the magnetic particles in a microchannel by 

using external permanent magnets allowing the formation of a dense and static plug [49, 172]. 

Using this simple approach, a small-volume heterogeneous immunoassay system was 

demonstrated in microchannels with small paramagnetic beads (1−2-μm diameter). The assay 

was demonstrated as a direct interaction of fluorescein isothiocyanate (FITC) with an 

immobilized anti-FITC conjugated.  Bronzeau et al. [49] demonstrated how several assays that 

can be performed simultaneously by flushing a sample solution over several plugs of magnetic 

beads with different surface coatings. Three plugs of magnetic beads were immobilized in a 

microchannel with external magnets. The beads featured surface coatings of glycine, streptavidin 

and protein A, respectively. Reagents were then flushed through the three plugs. Molecular 

binding occurred between matching Ag‘s and Ab‘s in continuous flow and was detected by 

fluorescence. Sensitivity of such systems using mm-sized external permanent magnets is 

however limited due to the high density of beads captured in the plug and the relatively poor 
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perfusability of the plug. An alternative method uses geometrically trapped self-assembled 

chains composed of a relatively low number of magnetic nanoparticles [173] in order to perform 

a complete on-chip sandwich immunoassay . The magnetic chains are retained over periodically 

enlarged cross sections of a microfluidic channel. Thereby, they strongly interact with the flow 

and rapidly capture the total of a low number of target molecules. As an example, the detection 

of murine monoclonal antigen with a detection limit of 1 ng mL
-1

 was demonstrated. This work 

demonstrated that an optimal interaction between the analyte flow and the magnetic particles is 

of importance for effective capture of the target antigens. Another simple and elegant concept 

using a permanent magnet for the continuous flow separation of magnetic beads was proposed by 

Pamme et al.[38]. This method uses a permanent magnet placed on one side of a microfluidic 

chamber. Beads are then introduced on the opposite side of the chamber and are then deflected 

towards the magnet. Using this method, separation of non-magnetic beads and magnetic beads 

was first demonstrated in a free flow device. Magnetic beads were also separated as a function of 

their sizes. More recently, this concept was used to perform a continuous flow immunoassay by 

Peyman at al. [174]. Magnetic beads are introduced on one side of a microfluidic chamber and 

are then deflected towards the permanent magnet on the opposite side. During the deflection, 

beads cross parallel reagents streams in which several binding and washing steps are performed. 

Using this method, a sandwich immunoassay was demonstrated. The main limitation of such 

approach comes from the short time during which a bead is immersed in each reagent resulting in 

a relatively high detection limit. Moreover, beads are moved in a unique direction (i.e. towards 

the permanent magnet) and therefore may not come back to the original liquid.  



42 
 

2.1.3.2 Electromagnet-based systems with integrated soft magnetic poles 

The possibility to actively manipulate magnetic carriers in microfluidic channels opens the way 

to explore new opportunities for on-chip bioassays with enhanced performance[175, 176]. A 

magnetic core is used to guide the magnetic field generated by an external electromagnet and 

two microstructured soft magnetic tips are used to focus the magnetic field across a 

microchannel. This approach demonstrated a good mixing efficiency of two parallel flows in a 

microchannel and provided evidence of enhanced interaction between the magnetic particles and 

the fluid flow. Unfortunately, such type of ferromagnetic particles stay agglomerated in bead 

clusters after field removal. In many bioanalytical applications, individual particles should be 

released from the plug after analyte capture for further processing. The previous technique 

cannot be readily applied to superparamagnetic or low-coercivity beads, as these change their 

magnetic state by Néel relaxation and therefore cannot be directly applied for immunoassays. 

Long range transport of magnetic beads using planar integrated coils was demonstrated by Rida 

et al.[46]; also a wire-based system for the displacement of clouds of magnetic beads was 

presented[134, 177]. Manipulation of microdroplets using magnetic beads was presented by 

Lehmann et al. [50, 178] and this concept was used for the purification of DNA[50]. These 

systems are generally used to dynamically manipulate (i.e. displace) the magnetic particles in 

channels, capillaries or microchambers. Due to the relatively low magnetic field produced by the 

integrated wires or coils, the retention of magnetic particles in a flow using this principle is 

limited and the actuation speed is low. The combination of permanent magnets with 

electromagnets (coils) is only rarely applied for the manipulation of magnetic particles on-chip. 

It is clear that the combination of permanent magnets with electromagnet may still improve the 

efficiency of on-chip manipulation of magnetic particles. 
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2.1.3.3 Comparison of magnetic particle manipulation methods 

Methods using passive elements (i.e. permanent magnets) and active electromagnets are often 

reported in the literature. A qualitative comparison of the different methods is summarized in 

Table 2.2. The combination of active and passive elements for the manipulation of magnetic 

beads on-chip is still not fully explored. Indeed, the main limitation for electromagnet based 

manipulation comes from the relatively low magnetic field produced by an external 

electromagnet or an integrated coil and thus the low magnetic force acting on the bead. 

Therefore, combination of electromagnets with permanent magnets might offer a good 

compromise between magnetic force and ability to dynamically actuate the beads. 

Table 2.2 A qualitative comparison of the different magnetic manipulation methods. 

Strategy Force Dynamic Actuation Particle Release 

Permanent Magnet High No Medium 

Integrated Magnet Low Yes Low 

External Magnet Medium Yes High 

Hybrid Magnet High Yes Low 

 

2.1.3.4 Comparison of on-chip Bioassay methods 

Electrochemical detection was previously proposed by Choi et al.[45]. This method has the 

advantage to avoid a complex optical detection system. The detection limit of such type of 

system still remains relatively limited compared to optical methods, while integration of 

electrical detectors on-chip increase the fabrication process complexity. Non-fluorescent optical 

detection is generally performed for agglutination assays. Detection of aggregates for 

agglutination tests using small magnetic particles (typical below 500 nm) is usually performed 

using a turbidity measurement. This method is in general not readily applicable on-chip after 
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retention of the magnetic particles, as the particles have to be uniformly suspended in the 

medium. Moreover, for particles typically larger than 500 nm, this method does not apply as the 

diameter is larger than the wavelength of the light. On-chip agglutination was already detected 

using image treatment by counting the number of particles after field removal. This approach is 

mainly restricted to a lab environment because an automation of this protocol remains critical as 

a relatively large number of images have to be taken and analyzed to obtain valuable statistical 

results. The implementation of a simple method for on-chip biological detection is therefore of 

interest. The integration of heterogeneous assays on-chip has lead to a shortening in the assay 

time and improvement of the detection limit compared to standard off-chip assays. Nevertheless, 

commercialization of such systems remains difficult. One reason for that is the need of a high 

number of different liquids (sample, washing buffer, detection buffer, etc.) to perform the assay 

on-chip, which involves complex handling of the fluids during experiment. On-chip integration 

of a homogeneous assay is therefore a good alternative to reduce the complexity of an on-chip 

protocol. Table 2.3 gives an idea of the reduction in complexity of a homogeneous assay 

compared to a heterogeneous assay on-chip. 

Table 2.3 Comparison of homogenous and heterogeneous bioassay using magnetic particles 

Strategy Additional Tagging Washing Steps Sensitivity 

Heterogeneous Yes 2 Good 

Homogeneous No 0 NA 

 

2.1.4 Overview of Magnetic Microfluidic Strategy 

The development of magnetic micro/nanoparticle-based systems is gaining interest and a simple 

dynamic actuation system for superparamagnetic beads in a flow is clearly of interest. The 

importance to simplify on-chip protocols is important to reach the goal of simple devices for 
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point-of-care testing. The large majority of bioassays on-chip is nowadays based on 

heterogeneous assays requiring iterative separation and washing steps. Implementing a single 

step test on-chip is of interest especially for the simplification of the chip integration and the test 

protocol. In order to enhance the detection limits of such assay on a chip, critical phenomenon 

such as diffusion limitation needs to be overcome. The main concept of our device is 

summarized earlier in Figure 1.3. First of all, our system has to provide a fast and efficient 

mixing and separation method to pre-concentrate the magnetic nanoparticle tagged target 

biomolecules from the buffer solution. In a second step, the magnetic biomolecule needs to be 

focused on the sensor surface. The magnetic actuation has to be perpendicular to the flow 

direction in order to increase the probability for an antibody to encounter a magnetic tagged 

biomolecule (Antigen). An efficient detection system coupled with fast dynamic actuation of 

superparamagnetic particles on-chip is of primary interest for many kinds of bioassays on-chip. 

Optimization of the detection and actuation of the magnetic nanoparticles tagged biomolecules is 

therefore an important part of this thesis. 
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2.2 Magnetic Microfluidics Theory & Concepts 

 

2.2.1 Magnetic Particles 

Magnetic micro- and nanoparticles are of particular interest for Lab-on-a-chip applications. One 

of the main reasons is their ability to be manipulated in a fluid flow as well as the possibility to 

functionalize them with a large range of biomolecules. Moreover, by reducing the size of the 

particless, the available active surface per volume may be significantly increased. In this section, 

theoretical aspects of the main concepts behind the manipulation of magnetic particles in fluids 

are discussed.  Magnetic particles are usually made of magnetic nanocrystals enclosed in a non-

magnetic matrix of an inert and bio-compatible material such as a polymer or silicon 

dioxide[37]. The nanocrystals are generally composed of iron oxide such as maghemite (Fe2O3) 

or magnetite (Fe3O4) but they can also be made of alloys of transition metals (Ni, Fe, Co, Mg or 

Zn) or rare earth materials (NdFeB or SmCo). Iron oxide is preferred over pure iron due to its 

better stability against oxidation. Magnetite and maghemite are frequently chosen because they 

have the highest saturation magnetization, 80 and 100 Am
2
kg

-1
respectively, which are two orders 

of magnitude higher than the saturation magnetization of other iron oxides. To understand the 

magnetic behavior of magnetic beads, it is important to refer to the basics of magnetism. 

2.2.1.1 Properties of Magnetic Micro/Nanoparticles 

2.2.1.1.1 Types of magnetic materials 

Magnetic materials can be generally classified into five types of magnetism, depending on their 

bulk magnetic susceptibility (see Figure 2.4 and Table 2.4). 
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Figure 2.4 Table of elements indicating the magnetic properties of the element in their solid state 

 

Magnetism originates from the spin as well as from the orbital motion of an electron around the 

nucleus [179]. The circulating electron produces its own orbital magnetic moment and there is 

also a spin magnetic moment associated with it due to the electron itself spinning on its own axis. 

In most materials there are almost no resultant magnetic moments, due to the electrons being 

grouped in anti-parallel pairs causing the magnetic moment to be cancelled (i.e. diamagnetism 

and paramagnetism). Diamagnetism originates from the orbital motion of electrons about the 

nuclei, electromagnetically induced by the application of an external magnetic field. This type of 

magnetism is very weak and easily overruled by paramagnetism of atoms. The paramagnetism 

originates from magnetic atoms or ions whose spins are isolated from their magnetic 

environment. This type of magnetism is also relatively weak and therefore diamagnetic and 

paramagnetic materials are generally referred as non-magnetic materials. In certain magnetic 

materials the magnetic moments of a large proportion of the electrons align, producing a 

macroscopic magnetization (ferromagnetic materials). Finally, magnetic materials can also be 
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ferrimagnetic which is generally found in compounds, such as mixed oxides, known as ferrites, 

from which ferrimagnetism derives its name. Table 2.4 summarized the different types of 

magnetic materials in the bulk form. The first three schematic representations of the magnetic 

moments in Table 2.4 correspond to a temperature of 0 K (i.e. ideal alignment of the electron 

spins). Above this temperature, the alignment of the spins is somewhat random but keeps a 

preferential direction. Above the Curie temperature Tc, the thermal fluctuations are so large that 

the spins orientation is completely random and the total magnetic moment falls to zero. Above 

the Curie temperature the material behaves like a paramagnetic material. Table 2.4 shows that 

the magnetic character of a material may be classified using its relative magnetic susceptibility

r . In order to easily manipulate a magnetic particle, the magnetic force acting on the latter has 

to be maximized; a high relative permeability of the material is therefore required. Consequently, 

the majority of the magnetic beads are made of ferro- or ferrimagnetic materials. For this reason, 

the following part of this section will focus on the ferromagnetic materials. 



49 
 

Table 2.4 Overview and Comparison of different types of Magnetism 

 

The magnetization M


of a magnetic material under an external magnetic field H


 is given by: 

 

HM r


   (2.5) 

 

with r  the relative susceptibility of the material. The induced magnetic flux density HB


0  is 

increased by the magnetization M


of the material by M


0 resulting in: 

 MHB


 0  (2.6) 



50 
 

Where AmVs /104 7

0

   is the permeability constant of vacuum. Combining Eqs. 2.5 and 

2.6 gives: 

  HHB rr


 00 1   (2.7) 

where r  is the relative permeability of the material. The relative permeability is dependent upon 

the temperature and the frequency of the applied external magnetic field H


. 

2.2.1.1.2 Ferromagnetic materials 

In ferromagnetic materials, the relationship between the three vector fields  BMH


,,  is generally 

non-linear and history-dependent. Therefore, Eq.2.7 does not generally apply for a magnetic 

material; except for the initial magnetization of the material (see Figure 2.5). Ferromagnetic 

materials are characterized by a hysteresis loop as schematically shown in Figure 2.5. A 

hysteresis loop is defined by the saturation magnetization, the coercive field Hc and the remanent 

magnetization Mr. If the ferromagnetic material is magnetized up to its saturation from the initial 

state and then the magnetic field is switched off, a remanent magnetization Mr is observed. A 

negative coercive field Hc has to be applied to cancel the magnetization of the material. The three 

parameters (Hc, Br and Msat) allow describing the non-linear response of a ferromagnetic material 

to an external magnetic field. When a ferromagnetic material is subject to an external field, 

domains, having a magnetization parallel to the field, grow until reaching full magnetization 

(saturation) [180]. The initial permeability in and susceptibility in is defined by the initial 

induction B produced in response to an external field H: 

0

1



H

imin
H

B




  

 

(2.8) 
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The hysteresis in the magnetization process of ferromagnetic materials can be explained by 

pinning of magnetic domains at impurities or grain boundaries within the material and the 

anisotropy of the crystalline lattice. 

 

Figure 2.5 Magnetic hysteresis loop of a ferromagnetic material 

 

2.2.1.1.3 Superparamagnetic material 

A magnetic domain is a microscopic region in which the magnetic moments of atoms are 

grouped together and aligned. Figure 2.6 shows a picture of the magnetic domains in an iron 

whisker and in a thin NiFe element taken using a magneto-optical method [180]. The magnetic 

domain size may vary from less than ten nanometers to a few hundreds of micrometers 

depending on the magnetic anisotropy of the material. Prior to the exposure to an external 

magnetic field, a ferromagnetic material is usually unmagnetized, reflecting the randomization of 

the distribution of the magnetic domains. 
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Figure 2.6 Superparamagnetic behavior of a group of a freely suspended ferromagnetic nanocrystals (<10 nm) in the 

anbsence and presence of an external magnetic field 

 

Mono-domain nanoparticles are of particular interest for Lab-on-a-chip applications. They are 

single domain because they have a dimension that is typically of the order or smaller than the 

typical thickness of a magnetic domain wall Mono-domain magnetic particles become 

superparamagnetic, i.e. their time-averaged magnetization without external magnetic field is zero 

when their magnetic energy is lower than about ten times the thermal energy TkB ,  with kB the 

Boltzmann constant. At room temperature, kBT=4.0·10
-21

 J and K = 13.4 kJ/m
3
 for maghemite 

(Fe2O3) nanoparticles [180, 181]. Therefore, finding the magnetic energy of magnetic particle 

using Eq. 2.9; 

3

3

4
rKEmag   

(2.9) 

We can find the maximum diameter ds=18 nm for a superparamagnetic spherical particle of 

maghemite. The time over which the magnetization of a particle is stable and remains in a certain 

state is of importance for probing the fundamental mechanism of magnetization reversal. The 

relaxation time  of the moment of a particle is given by the Néel-Brown expression. 








 


Tk

VK

B

exp0  
(2.10) 
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where V is the volume of the particle and s9

0 10 . If the particle magnetic moment reverses at 

times shorter than the experimental time scales, the system is in a superparamagnetic state, if not, 

it is in the so-called blocked state [182]. Figure 2.7 gives a qualitative illustration of the behavior 

of the coercive field of magnetic nanoparticles as a function of their size. Particles are 

superparamagnetic below the critical superparamagnetic size ds (i.e. Hc=0). Below ds the thermal 

energy is larger than the magnetic energy and therefore the spin of the particle is free to rotate in 

response to the thermal energy. For particles larger than ds, the coercive field increases to 

maximum at the single domain size limit dc. Above dc, the formation of domain walls becomes 

energetically favorable which results in a multi-domain structure of the particle and a decrease of 

the coercive field Hc. 

 

Figure 2.7 Qualitative illustration of the behavior of the coercivity as the magnetic particle size increase [183] 

 

The majority of the magnetic nanoparticles consist of superparamagnetic nanocrystal embedded 

in a polymer matrix protecting the analyte from a direct contact with the metal oxide. Figure 2.8 

illustrates the behavior of such multi-core superparamagnetic particles. Without an external 

magnetic field the magnetic moments of the iron oxide nanocrystals are randomly oriented 
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(Figure 2.8a). Under the application of an external magnetic field, all moments align in a 

preferential direction (Figure 2.8b). After switching off the external field, the particles returns to 

their initial state (Figure 2.8a) without having any remanence, A schematic hysteresis-free 

magnetization curve of a superparamagnetic bead is shown in Figure 2.8c. 

 

Figure 2.8 (a) Schematic representation of superparamagnetic particles at zero magnetic fields, (b) Under presence 

of external magnetic field, the nanoparticles moments align in the preferential direction, (c) Hysteresis free variation 

of B with changing H for superparamagnetic particles [182]. 

 

The benefits associated with hysteris free superparamagnetic particles is that magnetization in 

absence of magnetic field helps is zero therefore in the absence of magnetic field they stay 

suspended in carrier liquid without agglomerating which helps in easy removal or capture of 

tagged biomolecules of interest. The advantage of using a polymer shell consists in the 

possibility of surface functionalization and subsequent immobilization of a target molecule[182]. 

Figure 2.9 shows the three main morphologies of composite magnetic polymer microspheres 

commonly used for Lab-on-a-chip applications. The magnetic particles may be composed of a 
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single magnetic core surrounded by an inert and preferably biocompatible material. This method 

is generally used for nanometer-sized superparamagnetic particles with diameters in the range of 

5 – 100 nm. For the synthesis of larger superparamagnetic particles (in the range 300 nm – 10 

μm), nanoparticles (generally r < 10 nm) are embedded in a non-magnetic polymer matrix 

(Figure 2.9b). An alternative method called ―strawberry type‖ consists in assembling the 

magnetic nanoparticles around a polymer core and then passivating the surface using a 

surrounding inert polymer (Figure 2.9c). Figure 2.9d is a Scanning Electron Microscope (SEM) 

photograph of monodisperse magnetic beads (2.8 μm Dynabeads). Different procedures are 

available for the preparation and functionalization of nanocomposite microspheres [183] which 

is also illustrated in Figure 2.10. 

 

Figure 2.9 Three main methods of synthesizing magnetic particles for lab-on-a-chip applications. (a) Single 

magnetic core, (b) mutli-core magnetic beads composed of magnetic nanocrystals, (c) magnetic nanoparticles 

assembled around polymer core (strawberry), (d) SEM image of a monodisperse magnetic particle (2.8 µm)[182] 

 



56 
 

In general the magnetic moment m


 of a bead with negligible interaction between the 

nanoparticles is given by the sum of the moments of all individual nanoparticles enclosed in the 

polymer shell.  

 

Figure 2.10  Selected functionalization routes for magnetic nanoparticles 

(Ref: http://www.ak-tremel.chemie.uni-mainz.de/236.php) 

 

The magnetic moment of the composite microsphere is therefore directly related to the amount of 

magnetic nanoparticles in the matrix. Current techniques allow a filling factor up to ~ 70 % 

(w/w) of Fe3O4 and a high saturation magnetization of 40 Am
2
kg

-1
 while keeping a 
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superparamagnetic behavior.  Various types and sizes of magnetic nanoparticles can be 

synthesized from magnetic materials. The choice of the magnetic nanoparticles is finally 

dependent upon the final applications. The size of the particles is a critical parameter and may 

lead to the choice of a specific type of magnetic particles (i.e. single core, multicore or 

strawberry). The magnetic force Fmag is proportional to r
3
 while the viscous drag force on the 

bead is directly proportional to its radius. Therefore decreasing the size of the bead decreases the 

ratio between the magnetic force and the viscous drag force, thus reducing the capacity to 

manipulate the particles in a liquid. Bigger particles can be manipulated easier but increasing the 

size reduces the surface-to-volume ratio resulting in a decrease of the specific surface available 

for the attachment of functional groups. The choice of the magnetic particle size is often a 

compromise between the biological and magnetic response therefore optimization studies needs 

to be performed in order to identify the correct size of magnetic particles for particular 

applications. 

2.2.1.2 Magnetic forces on magnetic micro/nanoparticles 

2.2.1.2.1 Magnetization of superparamagnetic particles 

The force, 
magF acting on a single superparamagnetic bead, when it has acquired a magnetic 

moment m


in an external magnetic induction B


, is given by [61]; 

 BmFmag


  (2.11) 

The above equation is mostly used as the basic equation for the calculation of the magnetic force, 

when m


 is constant and has no spatial dependence, Eq 2.11 can be re-written as; 

 BmFmag


  (2.12) 

Figure 2.11 shows the magnetization curve of Dynabeads MyOne. Three typical regions may be 

distinguished. The first region is typically between 0 mT up to 10 mT, when the magnetization of 
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the bead is proportional to the applied magnetic flux (Figure 2.11a). In the second region the 

variation of magnetization of the bead is not linear with the applied magnetic flux (Figure 2.11b). 

The last region corresponds to saturation and therefore the magnetization of the bead is almost 

constant (Figure 2.11c) 

 

Figure 2.11 Magnetization curve of a Dynabead MyOne. 

 

In general, the magnetization m


of the particle moving in the field is varying due to a spatially 

non-uniform magnetic field B


and an analytical solution of Eq.2.11 is non-trivial. Discussions of 

the force on magnetic dipoles or particles have been reported[29, 37], but, for our case, it is 

sufficient to consider two approximations: (i) weak magnetic fields where the size of the 

magnetic moment m of the bead is proportional to the size of the magnetic induction B (Figure 

2.11a) and (ii) stronger fields where the bead moments are saturated (Figure 2.11c). In the linear 

region (i) of the magnetization curve, the magnetic moment of a bead in a liquid medium can be 

written in the following form: 
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BVm
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(2.13) 

where  is the difference in susceptibility between the particle and the medium, V is the particle 

volume and μ0 is the vacuum permeability. The magnetic moment m


of a non-saturated magnetic 

particle freely moving in a non-uniform field has the same spatial dependence as B


using 

standard vector calculation, we can write Eq.2.11 in the following form 

  2
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(2.14) 

The relative susceptibility of a single bead is influenced by the demagnetization factor and is 

therefore given by: 

npd

np

eff
N 







1
 

(2.15) 

where 
np  is the magnetic susceptibility of the nanoparticles material and Nd the 

demagnetization factor. The demagnetization factor is 1/3 for a spherical bead (Nd =1/3). The 

concept of manipulating magnetic particles for LOC applications consists in using magnetic 

forces to transport or simply retain magnetic particles in a flow by overcoming the viscous drag 

force acting on the bead. Four main forces act on a magnetic bead suspended in a liquid medium, 

the magnetic force 
magF , the viscous drag force dF , the gravity force 

gF and the buoyancy force 

buoF , as schematically shown in Figure 2.12. In general, due to the small size of the magnetic 

nanoparticles, the gravity force and buoyancy force may be neglected [184]. 

Therefore, the behavior of a magnetic bead in a liquid is mainly driven by the two opposite 

forces, the magnetic force
magF , and the viscous drag force dF . In equilibrium, i.e. at constant 

speed, we find: 



60 
 

dmag FF


  (2.16) 

 

Figure 2.12 Schematic illustration of forces acting on magnetic particles in a solution exposed to magnetic field. 

 

The drag force exerted on a magnetic nanoparticle is directly related to the flow conditions and 

the size of the particles. The flow conditions are linked to the Reynold‘s number Re, a 

dimensionless parameter, defined as the ratio between inertial and viscous forces, 



a


forces viscous

forces inertial
Re  

(2.17) 

where a is a characteristic dimension, which may be the radius of a particles and ρ/η = 1.004∙10
-6

 

m
2
/s. The flow is laminar for Re < 2100, where viscous forces dominate upon inertial forces. In 

this regime, all fluid elements move deterministically along distinct and traceable stream lines, 

while the turbulent regime, occurring at higher Reynolds numbers, is characterized by a random 

transverse motion of fluid with respect to the flow direction. The transition from one regime to 

the other is progressive and not clearly defined, creating a zone corresponding to a transitional 

regime. The Stokes flow is a particular regime of laminar flows for Re << 1. For this type of 

flow, the inertial forces can be neglected compared to the viscous forces, simplifying in this way 

the Navier-Stokes equation. As an example, a bead with a diameter of 1 μm moving at 10 mm/s 

using Eq.2.17 has a Reynold‘s number 2105.0Re  . In these particular conditions, the viscous 

force on a spherical magnetic particle is given by the following equation: 
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vaFd


 6  (2.18) 

where v


 is the velocity of the magnetic particle with respect to the liquid medium, η is the 

viscosity of the medium and a the radius of the particles. 

2.2.2 Microfluidics Theory  

Microfluidics deals with the behaviour, precise control and manipulation of micro-litre and nano 

litre volumes of fluids. It is a multi-disciplinary field comprising physics, chemistry, engineering 

and bio-technology, with practical applications to the design of systems in which such small 

volumes of fluids will be used. Ascribed to the micron dimensions, microfluidics has some 

special characteristics such as high surface-to-volume ratio, high mass-heat transfer rate, high 

shear-extension rate, and low Reynolds number. Therefore, in order to understand the behaviour 

of micromixers, a reasonable knowledge of the theory of microfluidics is necessary. In this 

section a brief introduction to microfluidics and some of the key definitions is presented together 

with the concept of Residence Time Distribution (RTD) analysis. 

2.2.2.1 Newtonian fluid 

A fluid is called Newtonian when the shear stress induced by the viscosity of the fluid is directly 

proportional to the strain gradient: 

dy

du
   

(2.19) 

The constant of proportionality μ, is the dynamic viscosity coefficient of the fluid. Water, the 

fluids of interest in this research, is a Newtonian fluid. 

2.2.2.2 Flow regime 

Laminar flow, also known as streamline flow, occurs when a fluid flows in parallel streamlines, 

with no disturbance between the lines. In fluid dynamics, laminar flow is a flow regime 

associated with high momentum diffusion, low momentum convection, and velocity and pressure 
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independence from time. On the contrary, turbulence or turbulent flow is a flow regime 

characterized by chaotic, stochastic property changes. This implies lower momentum diffusion, 

higher momentum convection, and quick variations of velocity and pressure in time and space. 

Viscous forces dominate in a laminar flow regime, while inertial forces dominate in a turbulent 

flow regime. 

2.2.2.3 Incompressible flow 

Certain fluids undergo very little change in density despite the existence of large pressures. In 

such circumstances when density variation in a problem is inconsequential, the fluid is called 

incompressible and the density is treated as a constant value in computations. Water is an 

incompressible fluid and Table 2.5 lists the main characteristics of water in standard conditions 

of pressure and temperature. 

 

Table 2.5 Properties of water at 20 
0
C and 1 atm 

 
2.2.2.4 Navier-Stokes equations 

The Navier-Stokes (N-S) equations are a set of fundamental differential equations that explain 

the motion of the fluid substances such as liquids and gases. These equations are derived from 

conservation principles (i.e., conservation of mass, momentum and energy) and are the 

governing constitutive equations of conventional flows. The vector form of the N-S equations for 

an incompressible Newtonian flow is: 

  VolFupuu
t

u




 2  
(2.20) 

Where, 𝑢 is the velocity field ( sm/ ), p is the pressure in  2/ mN  and VolF  is the volume force  
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(
3/ mN ). The momentum transfer from MNPs to the fluid is incorporated by setting the volume 

force term equal to the magnetic force acting on a single MNP multiplied with MNP number 

density,  , which is the number of MNP per unit volume. Therefore, the volume force acting on 

fluid is given by; 

mVol FF 
                                           

(2.21) 

Eq. 2.20 couples the fluid flow equation with the magnetic field equation and depends on the 

instantaneous concentration of MNP solution in the microchannel which is described in more 

detail in later sections. MNP number density ( ) is calculated using equation 2.22. 

3

3106
43

D

CM

m

OFe







                                     
(2.22) 

Where, C is the concentration of MNPs ( M ),
43OFeM  is the molar mass of Fe3O4 (𝑁𝑚−2), m  is 

the density of MNPs (𝑁𝑚−2), and 𝐹𝑚 D  is the diameter of MNPs (𝑁𝑚−3). For example, a 50 nm 

diameter MNP will have a volume of 317 cm 105.6  , if the density of MNP is assumed to be 

3g/cm 5.2 (Barnes et al. 2007), the mass of MNP will be g 1064.1 16 . We know that MNPs are 

composed of Fe3O4 having molar mass of g/mol 322 , so there will be 

MNPper  OFe 104or  MNPper  mol 107 43

519   , because 1mol of Fe3O4 has

number) s(Avogadro' molecules OFe 10023.6 43

23 . If we know the MNP concentration which 

can be calculated from convection and diffusion equation of the model than we can calculate the 

number of MNPs per unit volume based on above computation.  Therefore, for 50nm MNPs 

having an instantaneous concentration of 1µM   was approximately 10
15

 MNPs/m
3
. Similar 

calculations are carried out for different sizes of MNPs using the generalized equation 2.22. It is 

also assumed that there is no particle-particle interaction (e.g.: Van der Waals forces) and even 
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the sedimentation effects will have negligible influence on the overall mass transport due to 

extremely small size of MNPs. 

2.2.2.5 Steady flow 

A flow is called steady when flow characteristics (e.g., velocity components) and 

thermodynamic properties at each position in space are invariant with time. Individual fluid 

particles may move, but at any particular position in domain, such particle behaves just like as 

any other particle when it was at that point. There is no time dependency in parameters for steady 

flow equations (d/dt=0). 

2.2.2.6 No-slip condition 

When a fluid flow is bounded by a solid surface, molecular interactions cause the fluid in contact 

with the surface to seek momentum and energy equilibrium with that surface. All liquids 

essentially are in equilibrium with the surface they contact. Then, all fluids at a point of contact 

with a solid take on the velocity of that surface which means the fluid relative velocity at all 

liquid-solid boundaries is zero (Vfluid=Vwall). In other words, the outermost molecule of a fluid 

sticks to surfaces past which it flows. This is called the no-slip condition and serves as the 

boundary condition for analysis of the fluid flow past a solid surface.  

2.2.2.7 Residence Time Distribution (RTD) Analysis 

The Residence-time distribution (RTD) curve is obtained by injecting a MNP solution for a very 

short time interval (Dirac pulse) at the inlet of the microchannel, and then the concentration of 

MNP at the outlet is recorded as a function of time. The RTD function also known as exit age-

distribution )(tE is defined quantitatively. The )(tE function basically tells quantitatively, how 

much time different fluid elements have spent in a continuous flow system such that dttE )(  is 

the fraction of MNP solution exiting the microchannel that have spent a time between t  and 
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dtt   in the microchannel [185, 186]. The RTD function, )(tE is given by Eq.2.23, where )(tC

is the MNP solution concentration at the outlet, as a function of time. The MNP concentrations 

are recorded at different y-points along the outlet of microchannel and then average value is used 

as )(tC . 
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where, )( 1 iii ttt   is the time steps used in the simulation. 

After the RTD function is obtained, parameters that are used to quantify the mixing performance 

are calculated based on the methods given in literature[186]. These statistical parameters are 

mean residence time mt , which gives the average time the exiting fluid element spend in the 

microchannel; variance 2 , which is the measure of the spread of the distribution; and 

coefficient of variance or normalized variance, which provides the relative standard deviation of 

the distribution. These statistical parameters are mathematically given by equations 2.24-2.26. 
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The RTD of the microchannel with magnetic actuation will deviate from an ideal plug flow 

mixer depending on the magneto-hydrodynamics with the microchannel. Based on computation a 

variance of zero would mean complete plug-flow mixing while a non-zero value will imply 

mixing due to non-uniform or laminar velocity and molecular diffusion. Mixing performance for 

all the conditions including magnetic and no magnetic field assisted mixing will be computed, 

compared and optimized conditions will be predicted in this thesis. 
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3. DESIGN & ANALYSIS 

3.1 Magnetic Nanoparticle Enhanced Mixing using Time Dependent Magnetic Field 

 

3.1.1 State of the Art 

Lab-on-a-chip system that constitutes of microfluidics and nanotechnology has played a major 

role in recent years in shrinking the size of conventional lab-scale biological and chemical 

analysis to chip-format often referred to as micro-total-analysis-systems (μTAS). These 

miniaturized systems offer many advantages such as rapid analysis, reduced sample and reagent 

volume, smaller device size for point-of-care applications and overall low cost of fabrication and 

development. Lab-on-a-chips are now being realized for various applications such as clinical 

analysis, DNA analysis, proteomics analysis, forensic analysis, immunoassays, and toxicity 

monitoring [4, 5, 172, 187, 188]. Nevertheless, the development of such microfluidic lab-on-a-

chip system has its share of difficulties. The characteristic laminar flow regime that occurs in 

microscale channels makes mixing a very challenging operation and therefore needs to be 

addressed.  

In a typical microfluidic device, mixing of two or more fluids mainly occurs by molecular 

diffusion, which is often much slower than convection and limits reaction times, biomolecule 

accumulation times and overall, separation or detection sensitivities of the devices. Therefore 

external or internal fluid manipulation techniques are required to enhance mass transfer and 

consequently mixing in microfluidic systems. Numerous experimental and theoretical studies 

have been published [69, 76, 189, 190] to evaluate designs and strategies. Such strategies include 

for instance: internal passive mixing by disturbing the fluid flows with microchannel 

structures[99] or by splitting and injecting the fluid flows[84, 191-193], or by confining the 

species in droplets[18, 19, 194, 195]. Some of the external active mixing strategies include fluid 
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actuation by inducing energies including electrical [119, 196-199], acoustic [200], mechanical 

[104, 105], ultrasonic [111]  or thermal [201] in the microchannel. Although these strategies 

have produced excellent results, they are often difficult to fabricate or integrate. Moreover, some 

form of energies especially the electrical potentials applied for mixing can damage or alter the 

properties of the fluid solution containing cell, biomolecules or DNA [202]. Magnetic 

micro/nanoparticles have shown immense potential and can be advantageously tagged with 

biomolecule of interest for further separation and detection [41, 52, 132]. Few studies have 

shown that magnetic particles can also be used to enhance the mixing of fluids in microchannel 

[122, 203] by using embedded planar conductors at the bottom of microchannels. Although these 

mixing studies are encouraging and interesting but require detailed parametric analysis and 

optimization based on orientation of electrodes, switching frequency, magnetic nanoparticle size, 

and flow velocities. The major difference of proposed method from other magnetic mixing 

scheme (including Suzuki et.al[122]) is the choice of magnetic particles deployed in the system. 

In this work, magnetic nanoparticles are preferred over magnetic microparticles or magnetic 

beads. Magnetic nanoparticle possess several advantages such as stability over time, high surface 

to volume ratio for chemical binding, minimum disturbance caused by the attached biomolecules 

because of their extremely small size. Moreover, as the intrinsic device size is shrinking, 

magnetic nanoparticles will be favored over microparticles so as to reduce clogging or blockage 

of small size channels. The most important property that makes them unique especially related to 

mixing is their superparamagnetic nature, i.e., their magnetization without a magnetic field is 

zero. This has important outcome for applications including micromixing or bio-analysis because 

superparamagnetic nanoparticles tagged to the biomolecule of interest can be removed or re-

suspended into the system using a magnetic field without any agglomeration and therefore, it is 
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very easy to switch on and off the time-dependent magnetic field and overall enhance mixing. A 

time-dependent magnetic field will produce oscillation in magnetic nanoparticles causing 

agitation in the surrounding fluid and overall enhances the mixing process. This strategy is 

simple to implement and can be easily integrated into lab-on-a-chip devices. 

3.1.2 Model Development 

In this work both Species Concentration Distribution (SCD) analysis and Residence Time 

Distribution (RTD) analysis is used to characterize the time-dependent magnetic actuation 

technique for enhancing the mixing in a microfluidic system. A schematic representation of the 

microfluidic channel along with corresponding co-ordinates and dimensions is shown in Figure 

3.1 together with copper electrodes for creating time-dependent magnetic field. The 

microchannel is 60 µm deep and 600 µm long. The electrodes present at the bottom of the 

microchannel are 40x40 µm with the length equal to the width of the microchannel. When 

current is passed through the electrodes, large magnetic field gradients together with magnetic 

forces are established in the microchannel. The magnetic force actuates the incoming magnetic 

nanoparticle solution and pulls the MNPs towards the electrodes. When the electrodes are 

switched off, MNPs again follow bulk flow direction. By periodically turning the current on and 

off in the electrodes, disturbance is produced in the flow path of MNPs causing agitation in the 

flow which enhances the mixing. The increased mixing performance will also increase the 

interaction of MNPs with the target molecules.  
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Figure 3.1(a) Schematic of time dependent magnetic micromixer, and (b) 2D axial cross-section of the microchannel 

with two inlets and one outlet. 

 

Therefore, greater number of target biomolecules can be tagged with magnetic nanoparticles 

using conjugation chemistry [37] for further processing and analysis. The model geometry 

shown in Figure 3.1b is simplified two-dimensional schematic which focuses on the axial cross-

section of the microchannel. Although a full three-dimensional model would be more accurate, 

the qualitative trend would still remain the same.   For SCD analysis, two fluids are loaded in the 

microchannel via two inlets, the top half of the channel under consideration has a normalized 

concentration C=1 of magnetic nanoparticle solution whereas the bottom half consist of sample 

solution containing target biomolecules and buffer with a normalized concentration C=0. The 

total concentration of MNPs injected into the microchannel, c =1μM, which was kept constant 

throughout the model. In all the simulations, it is considered that MNP solution flows at a 

constant flow velocity from left to right with a laminar flow and for the model a parabolic flow 

profile is considered. It is considered that both the magnetic nanoparticle and sample solution is 

transported by convective flow towards the outlet and is also free to diffuse. In order to quantify 

the mixing performance using SCD analysis, a parameter called mixing efficiency )( e described 

by Eq. 3.1 is calculated. 

1001
0





















CC

CCAVG

e                                                                                                        (3.1) 
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Where AVGC  is the average normalized concentration at the outlet, C is the normalized 

concentration at the ideal (complete) mixing at the outlet, which will be 0.5 for our model, and 

0C is the unmixed normalized concentration of magnetic nanoparticle solution at the inlet, which 

is 1.0 for our model.  

 
Figure 3.2 Schematic of 2D axial cross-section of microchannel with one inlet and one outlet for RTD analysis 

 

For RTD analysis (see Figure 3.2), a solution containing MNPs enters from left and flows under 

laminar conditions with a parabolic inlet velocity. It is considered that the MNP solution is 

transported by convective flow towards the outlet and is also free to diffuse. The total 

concentration of MNPs equal to 1µM is injected into the microchannel and is kept constant 

throughout the model. In order to quantify the mixing performance, MNPs solution is injected 

for a very short time interval into the microchannel and the response function is recorded at the 

microchannel output.  The equations and theory developed are based on Navier-Stokes equations 

for flow, convection and diffusion equation for concentration profiles, and Maxwell‘s equation 

for calculating the magnetic field. The finite element model basically solves the Maxwell‘s 

equation for time-dependent magnetic field. The computed magnetic field is coupled to fluid 

flow by using the magnetic volume force term acting on the nanoparticles in the Navier-Stokes 

equations. Finally, the concentration within the microchannel is computed using mass-transfer 

convection and diffusion equation. The detailed explanation of the equations and theory used in 

the model is described in more detail in the following sections. 
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3.1.2.1 Fluid Flow Equation 

The magnetic nanoparticles(MNPs) of sizes ranging from 50-500 nm are assumed to be 

dispersed in the fluid of viscosity   ( smkg  /10 3
) and density   (

33 /10 mkg ) equal to that of 

water. The aqueous solution of MNPs is injected into the microchannel with a parabolic velocity. 

The early acceleration phase of MNPs within the fluid is neglected and therefore it is assumed 

that the MNP solution move with constant velocity. From calculation it was found that the time 

constant for the acceleration phase of MNPs is negligible for the scale of geometry and the size 

of particles used in the simulations, therefore it can be neglected and the liquid solution can 

overall be treated as continuum. The magnetic force acting on MNPs due to external magnetic 

field transfers momentum to the surrounding fluid leading to a disturbance in flow profile of 

carrier liquid. The flow velocity u  for this incompressible fluid ( 0 u ) is described using 

Navier-Stokes equation, 

  VolFupuu
t

u




 2                                                                                        (3.2) 

Where, 𝑢 is the carrier fluid velocity field ( sm/ ), p is the pressure ( 2/mN ), and VolF  is the 

volume force ( 3/mN ). The momentum transfer from MNPs to the fluid is incorporated by 

setting the volume force term equal to the magnetic force acting on a single MNP multiplied with 

MNP number density,  , which is the number of MNP per unit volume. Therefore, the volume 

force acting on fluid is given by; 

mVol FF 
                                  

(3.3) 

Eq. 3.3 couples the fluid flow equation with the magnetic field equation and depends on the 

instantaneous concentration of MNP solution in the microchannel which is described in more 

detail in later section. MNP number density ( ) is calculated using equation 3.4. 
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Where, C is the concentration of MNPs ( M ),
43OFeM  is the molar mass of Fe3O4 ( molg / ), m  

is the density of MNPs ( 3/ cmg ), and D  is the diameter of MNPs ( cm ). For example, a 50 nm 

diameter MNP will have a volume of 317 cm 105.6  , if the density of MNP is assumed to be 

3g/cm 5.2 (Barnes et al. 2007), the mass of MNP will be g 1064.1 16 . We know that MNPs are 

composed of Fe3O4 having molar mass of g/mol 322 , so there will be 

MNPper  OFe 104or  MNPper  mol 107 43

519   , because 1mol of Fe3O4 has

number) s(Avogadro' molecules OFe 10023.6 43

23 . If we know the MNP concentration which 

can be calculated from convection and diffusion equation of the model than we can calculate the 

number of MNPs per unit volume based on above computation.  Therefore, for 50nm MNPs 

having an instantaneous concentration of 1µM   was approximately 10
15

 MNPs/m
3
. Similar 

calculations are carried out for different sizes of MNPs using the generalized equation 3. It is 

also assumed that there is no particle-particle interaction (e.g.: Van der Waals forces) and even 

the sedimentation effects will have negligible influence on the overall mass transport due to 

extremely small size of MNPs. 

3.1.2.1.1 Boundary Conditions 

The flow of fluid at the inlet is assumed to be parabolic and moves in the direction of x-axis with 

zero velocity in y-direction. The average flow velocity of MNP solution is 0u . No slip condition 

( 0 vu ) is applied along the walls of microfluidic system and at the outlet, pressure condition 

is set equal to zero. 
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3.1.2.2 Magnetic Field Equation  

It is assumed that the magnetic field is described using Maxwell-Ampere‘s law given by; 

JH                                                                                                                                   (3.5) 

Where H is the magnetic field vector ( mA/ ) and J  is the current density vector ( 2/ mA ). 

According to Gauss law for magnetic flux density, B (
2/ mVs )  

0 B                                                                                                                                      (3.6) 

In order to describe a relation between B  and H  a constitutive relation given by the following 

equation is used in the model. 

)( MHB                                                                                                                              (3.7) 

where   is the magnetic permeability, and M  is the magnetization vector. The magnetic 

permeability can also be expressed as r 0 ,
 where r  is the relative permeability of integrated 

copper conductors ( r =1) and is assumed to be constant in all the simulations, and 0  is the 

permeability in vacuum ( 27

0 /104 AN  ). In order to solve Maxwell equations, the two 

first order partial differential equations given by Eqs. 3.5 and 3.6 are converted into a single 

second-order partial differential equation involving only one field variable called magnetic 

vector potential, A . The magnetic flux density B  is represented by curl of the magnetic vector 

potential A  according to the following equations 

0;  ABA                                                                                                                    (3.8) 

After substitution of Eq. 3.8 in equations Eqs. 3.4-3.7, the following vector equation is obtained: 

JMA
r













0

1
                                                                                                        (3.9) 
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It is assumed that the magnetic vector potential has a nonzero component only perpendicular to 

the plane zA  which basically simplifies the 2D; the externally applied current density J is 

calculated for the 40 x 40 μm copper conductor. A square-shaped current with a set frequency is 

used to replicate the on/off behavior of current in the conductor. Heaviside step function of 

COMSOL (COMSOL AB., Stockholm, Sweden) is used to generate a square current pulse 

similar to the one produced by experimental pulse generator. The step function is expressed as 

flc2hs(x, 0.1) and it smoothes within the interval −0.1 < x < 0.1. In order to implement time-

dependent control signal for generating pulsating magnetic field, following equation is used. 

     10 πft2 sin  flc2hs 0 .,
A

I
J                                                   (3.10) 

Where, 0I  is the current supplied to the conductors which is equal to 1 A for all simulations, A  

is the surface area of the copper conductors, and f  is the switching frequency in hertz. It is 

assumed based on literature (Suzuki et al. 2004) that the temperature rise inside the microchannel 

will be negligible when current between 0.5A-1A is used. Magnetic field is actuated from left to 

right meaning when the current in left conductor is ON, the current in the right conductor is OFF 

and vice versa. This is done by having a phase difference of 0180 in the alternating current 

supplied to the conductors. The above equations are solved in magnetostatic module of 

COMSOL Multiphysics software and the pulsating magnetic field is obtained. The force acting 

on MNPs is calculated from the above magnetic field using Eq. 3.11 described in literature 

(Pankhurst et al. 2003).
 

 

 BB
V

Fm







0


                                                                                                                  (3.11) 
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Where, V is the volume  is the difference in magnetic susceptibility of the MNPs and the fluid 

which is kept constant throughout the simulation, and B


 is the magnetic flux density obtained 

after solving Eq.3.9. The force obtained from Eq.3.11 is substituted in Eq.3.3 in order to obtain 

velocity profile of MNP solution. 

3.1.2.2.1 Boundary Conditions 

A magnetic insulation boundary condition )0( zA is applied along the system boundary. The 

interior boundaries between the copper conductors and the air only assume continuity, 

corresponding to a homogeneous Neumann condition. 

3.1.2.3 Convection-Diffusion Equation 

The spatial and temporal variation of the MNP solution inside the microfluidic channel is 

described using the following convection-diffusion equation 

CDCu
t

C 2



                                                                                                               (3.12) 

Where, C  is the concentration of MNP solution in a given solution, and D  is the diffusion 

coefficient ( sm /2 ), which is assumed to be constant throughout the simulation. Moreover, it is 

assumed that MNPs are monodispersed and will not agglomerate to form microparticles even 

after application of magnetic field. Therefore, the particle velocity is assumed to remain constant 

and move with the velocity of fluid. This approximation is based on the fact that the time 

constant for acceleration phase is too small for the scale of geometry and the size of particles 

used in the simulation, therefore it can be neglected and the liquid solution can be treated as 

continuum in the model. 
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3.1.2.3.1 Boundary Conditions  

An initial unmixed concentration of MNP solution μM  0.10 C  injected into the microchannel 

with the initial parabolic velocity, Convective flux is set at the outlet boundary, keeping 

insulation/symmetry in all the other boundaries.  

3.1.2.4 Residence-Time Distribution 

The Residence-time distribution (RTD) curve is obtained by injecting a MNP solution for a very 

short time interval (Dirac pulse) at the inlet of the microchannel, and then the concentration of 

MNP at the outlet is recorded as a function of time. The RTD function also known as exit age-

distribution )(tE is defined quantitatively. The )(tE function basically tells quantitatively, how 

much time different fluid elements have spent in a continuous flow system such that dttE )(  is 

the fraction of MNP solution exiting the microchannel that have spent a time between t  and 

dtt   in the microchannel. The RTD function, )(tE is given by Eq.3.13, where )(tC is the MNP 

solution concentration at the outlet, as a function of time. The MNP concentrations are recorded 

at different y-points along the outlet of microchannel and then average value is used as )(tC . 
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where, )( 1 iii ttt   is the time steps used in the simulation. 

After the RTD function is obtained, parameters that are used to quantify the mixing performance 

are calculated based on the methods given in literature[186]. These statistical parameters are 

mean residence time mt , which gives the average time the exiting fluid element spend in the 

microchannel; variance 
2 , which is the measure of the spread of the distribution; and 
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coefficient of variance or normalized variance, which provides the relative standard deviation of 

the distribution. These statistical parameters are mathematically given by equations 3.14-3.16. 
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2
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                                                                                                      (3.16) 

The RTD of the microchannel with magnetic actuation will deviate from an ideal plug flow 

mixer depending on the magneto-hydrodynamics with the microchannel. Based on computation a 

variance of zero would mean complete plug-flow mixing while a non-zero value will imply 

mixing due to non-uniform or laminar velocity and molecular diffusion. In the present 

simulations variance values given by equation 3.15 will be calculated for different scenarios, a 

smaller variance value will mean narrower RTD curve, closer distribution to mean residence 

time, and higher mixing performance. In this way, mixing performance for all the conditions 

including magnetic and no magnetic field assisted mixing will be computed, compared and 

optimized conditions will be predicted. 

3.1.2.5 Numerical Simulation 

The finite element software package, COMSOL
TM

 Multiphysics (COMSOL AB., Stockholm, 

Sweden) is used to solve the two-dimensional partial differential Equations obtained in our 

model. The finite element model consists of three application modes: incompressible Navier-
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Stokes mode and magnetostatics mode to predict the convective velocity of MNP solution with 

and without the influence of magnetic field force, a convection-diffusion mode to predict the 

concentration of MNP solution within the microchannel. The meshing around the geometry is 

around 7 μm except near the electrodes boundary which is 5 μm in order to get more precise 

magnetic field results. The model is solved in transient model in one step using time-dependent 

solver.  

3.1.3 Magnetic Force Validation  

Prior to more detail parametric investigation, the magnetic force calculation in the COMSOL
TM

 

finite element model was validated using the experimental and numerical results from Suzuki et 

al.[122]. 
 
Magnetic force computation is the most critical step in coupling the microfluidic flow 

with magnetic force mixing therefore its correct estimation is essential. In order to compare 

results, a volume of 31 91016.2 m  corresponding to 0.7 μm magnetic particles and a 40 x 40 μm 

copper conductor carrying 1A was considered in the COMSOL
TM

 model. These parameters were 

used by Suzuki et al.[122]. The model setup is shown in the inset of Figure 3.3. The fluid with 

magnetic particles flows in the microchannel whereas at the bottom the copper conductors are 

used to generate magnetic field. 
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Figure 3.3 Magnetic force profile along the z-lines above the current carrying conductor. The location x=20μm and 

x=60μm corresponds to the inner and outer edges of the right conductor respectively. Simulation results from 

COMSOL Model were found to be in good approximation with experiment and simulation result from Suzuki et 

al[122].
  

 

The magnetic field force on the particles are calculated along different lines that are parallel to 

the x-axis (y=1, 5, 10, and 20 μm) starting from 180μm from the left of microchannel (central 

point between two conductors) and going toward right for a distance of 100 μm (see Figure 3.3). 

The location x=20μm and x=60μm corresponds to the inner and outer edges of the right 

conductor respectively. It can be seen from Figure 3.3 that as we move away from bottom of 

microchannel the x-component of magnetic force tends to decrease as well as oscillates around 

the central axis of the microchannel and peaks at the edges of the conductor, responsible for the 

oscillatory motion of the magnetic particles within the channel. Moreover, the computed 
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magnetic force profiles along different planes within the microchannel as well as the range of 

maximum magnetic forces (e.g.; 0.1-0.3 pN) obtained, agree reasonably well with experimental 

and simulation work performed by Suzuki et.al [122].
 

3.1.4 Results & Discussion 

3.1.4.1 Specie Concentration Distribution (SCD) Analysis 

In this section, we present the performance of time-dependent MNP-enhanced mixing under 

various conditions of MNP size, frequency of applied current used to generate magnetic field, 

inlet flow velocity and different active and passive scenarios of mixing. Time-dependent 

numerical results were obtained using the above described model and the performance of mixing 

was predicted using both concentration profiles and mixing efficiency calculation (SCD 

Analysis). In magnetic field equation average current of 1A was considered throughout the 

simulations. For the convection and diffusion equation, D=10
-11

 m
2
/s is used in all the 

simulations. Other parameters such as fluid viscosity   ( smkg  /10 3
) and density   (

33 /10 mkg ) were kept constant throughout. The effect of various parameters on the mixing 

performance is described in more detail in the following sections. 

3.1.4.1.1 Effect of Magnetic Nanoparticle Size 

Mixing efficiency were calculated for different MNPs size ranging from 50-300 nm for inlet 

flow velocity, μm/s  2000 u
 
and using magnetic field switching frequency, Hz 1f  while all 

the other parameters were kept constant as described in previous sections. It can be seen from 

Figure 3.4 that as we increase the size of MNPs from 50nm to 100nm, mixing efficiency tends to 

increase. Further increasing the size from 100 nm to 300nm did not seem to have appreciable 

effect on mixing performance. We know from Eq. 3.11, that magnetic force is directly 

proportional to the volume of MNP, therefore larger the size of MNPs, greater will be the force 
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acting on it in the solution. However, in order to have enhanced mixing, oscillation of MNPs is 

highly desirable so that it is constantly disturbed in the flow which will only be possible if both 

the magnetic force and drag force are equally effective in magnetic on and off situation 

respectively.  

 

Figure 3.4 Mixing efficiency at the outlet of the micro-channel for different magnetic nanoparticle size. 

 

Therefore, increasing the size MNPs beyond a certain critical value will make magnetic force 

more effective as such after the magnetic field is switched off the MNPs will not be able go back 

to their initial position as effectively as previous and will overall decrease the oscillation effect. 

For the configuration used in our model, 100 nm MNPs give the most optimized mixing 

performance and almost 100 % mixing is achieved in less than 20s. 
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3.1.4.1.2 Effect of Inlet flow Velocity 

We know that mass transport can be increased by increasing the flow velocity of the incoming 

MNP solution. Moreover, we can further decrease the mixing time by increasing the flow 

velocity. In order investigate and predict optimum mixing velocity, simulations were performed 

for 100 nm MNPs under magnetic field switching frequency Hz 1f . We can see from Figure 

3.5 that as we increase the inlet flow velocity, it took less time to achieve 100 % mixing but 

going beyond the μm/s 300  mixing efficiency is not very stable and is quite oscillatory. In order 

to further investigate the flow velocity effect, we compute the normalized concentration profile 

at the cross-sectional outlet shown in Figure 3.5b.  

 

Figure 3.5 Concentration Index in the micro-channel under varying inlet velocity: (a) Concentration index at the 

outlet of the microchannel, and (b) Cross-sectional plot of concentration at the outlet of microchannel after 60 sec. 

Black Solid line represent the ideal concentration which is desirable at the outlet. 
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It is observed that too high inlet flow velocity, in this case μm/s 600 produces large variation in 

concentration profile whereas too low, μm/s  1000 u  is unable to achieve desired mixing. 

Therefore, an optimum inlet velocity of μm/s 300  is predicted which not only produces less 

variation in concentration profile but also reduces the time of mixing approximately by 50%. 

3.1.4.1.3 Effect of Switching Frequency 

In the microfluidic system shown in Figure 3.1, time-dependent magnetic field produced due to 

alternating current induces magnetic forces on the magnetic nanoparticles that disturbs the 

parallel streamlines in the otherwise highly ordered laminar flow. The oscillation of magnetic 

nanoparticles causes vertical momentum (in y-direction) to the fluid and stretch/fold streamlines 

of the fluids thereby enhancing the mixing performance. Therefore, the switching frequency of 

the current passed through the copper conductors is one of the most important factors that affect 

the mixing. Switching frequency can either result in very fast or very slow modulating magnetic 

field, therefore it needs to be optimized.  Six different switching frequencies ranging from 0.1 Hz 

to 10 Hz were considered to optimize the mixing performance in a microchannel, keeping the 

other parameters such as inlet flow velocity (300 µm/s), nanoparticle size nm) 100( , and current 

through the conductor A) 1( constant throughout the simulations. It can be seen from Figure 3.6 

that at very low switching frequency, the mixing is not really uniform. We can also see a large 

variation in normalized concentration at the outlet of the microchannel (see Figure 3.6b).  
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Figure 3.6 Concentration profile in the micro-channel under different switching frequency: (a) Surface concentration 

plot of micro-channel at different frequencies given in Hz, (b) Cross-sectional plot of concentration at the outlet of 

microchannel after 30 sec. Black Solid line represent the ideal concentration which is desirable at the outlet. 

 

Ideally at the cross-section outlet the concentration should be 0.5 for perfect mixing but at low 

switching frequencies (f= 0.1, 0.5 Hz) we observe large oscillation.  This may be due to the fact 

at very low frequency the magnetic nanoparticle solution due to attracting magnetic force are 

pulled towards the conductors and causes the surrounding fluid to the move to other side. Once 

the particles reach near the channel wall they stay there for certain time, since the frequency is 

low therefore the time to go back with the flow is high. This results in less oscillation and more 

variation in concentration profile magnetic nanoparticle solution. Similar concentration profile is 

observed even at very high frequency (f= 10 Hz). This is because, at very high frequency the 

magnetic force acts for a very short duration of time on nanoparticles before it is turned on/off, 

therefore there is very less transition of nanoparticles in the lateral directions which results in 

less disturbance of fluid and higher variation in concentration. There is always a critical or 

optimized value of switching frequency for a given configuration. For the dimensions used in 

these simulations, a frequency of 1 Hz is desirable because it generates more stable and uniform 
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mixing. These results indicate that a simple mixing scheme consisting of time-dependent 

magnetic field operating at critical/optimized frequency can provide efficient mixing within a 

very short interval of time. 

3.1.4.1.4 Scaling Analysis 

Scaling analysis is performed in order to determine the effect of change in geometry of the 

microchannel on the inlet velocity and switching frequency. Keeping all the other parameters 

constant and switching frequency, Hz 1f ,simulations are performed to obtain results as 

shown in Figure 3.7. It is found that when the width of microchannel is reduced by a factor of 2 

(W=30 µm) as compared to original device geometry (W= 60 µm), the optimal inlet velocity to 

obtain high and stable mixing is around 400 µm/s (see Figure 3.7a) whereas when the 

microchannel width is increased by two-fold (W=120 µm) , low inlet flow velocity is desirable 

and the optimum velocity of 200 µm/s (see Figure 3.7b)  generates least variation and high 

mixing in a given interval of time. From the above analysis it can be seen that optimal velocity is 

scalable. For a narrower microchannel (W=30 µm), MNPs require smaller lateral distance to 

travel , therefore in order to obtain full range of optimized oscillation in a desired time, a higher 

horizontal flow velocity is recommended. Similarly, If the microchannel is too wide (W=120 

µm), MNPs require longer distance to travel in y-direction due to magnetic actuation force, 

therefore working with smaller inlet velocity will not provide enough time to cause full range of 

oscillation of MNPs within the microchannel.  
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Figure 3.7 Effect of scaling (microchannel width) on the inlet flow velocity: (a) W=30 µm, (b) W=60 µm, and (c) 

W=120 µm. Average concentration is recorded at the outlet of microchannel for a time interval of 30 sec. 

 

Simulations are also performed to investigate the effect of scaling on the switching frequency. 

The optimized inlet velocity as obtained from previous results (see Figure 3.7) is kept constant 

together with all the other parameters described in previous sections. Switching frequency is 

varied from 0.1-10 Hz for different device size (W= 30, 60, and 120 µm) and the average 

normalized concentration/concentration index together with standard deviation is predicted at the 

cross-sectional outlet of the microchannel. Ideally at the cross-sectional outlet the average 

normalized concentration should be 0.5 for perfect mixing without any standard deviation. A too 

high standard deviation represents non-uniform concentration whereas low standard deviation 

represents near-uniform concentration and better mixing. When the microchannel width is scaled 
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down by a factor of 2 (W=30 µm), operating the system at low frequencies (as seen in Figure 

3.8a) results in large variation of concentration at the outlet, this is true because for a narrower 

microchannel, MNPs require lesser time to travel lateral distance so if the magnetic force is not 

switched off more frequently, there is possibility that MNPs stays near the electrode and produce 

less cycles of full range oscillations. Based on the results given in Figure 3.8a, working with 

higher frequency in the range of 5-10 Hz provides better mixing and least variation in the outlet 

concentration. Similarly, we can see as the device geometry is scaled up, the optimum frequency 

required to obtain uniform concentration at the outlet should be decreased. For 60 µm wide 

microchannel the optimum frequency is around 1 Hz (see Figure 3.8b) whereas for wider 

microchannel (W=120 µm), a frequency of 0.1 Hz (see Figure 3.8c) gives the best mixing 

performance and almost near uniform concentration at the outlet. These results illustrate that 

optimum switching frequency is dependent on the magnetic force, inlet flow velocity and the 

desired travel distance of the MNPs in the lateral direction. Therefore, if the magnetic force and 

inlet velocity is kept constant a narrower microchannel will need higher frequency whereas 

wider microchannel will need smaller frequency in order to obtain good mixing. 
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Figure 3.8 Effect of scaling (microchannel width) on the switching frequency: (a) W=30 µm, (b) W=60 µm, and (c) 

W=120 µm. Average concentration is recorded at the cross-ectional outlet of microchannel after 30 sec. Error bars 

represent standard deviation(SD). 

 

3.1.4.1.5 Comparison of Magnetic with Passive Mixing Strategy 

We further investigated and compared passive mixing method with the magnetic nanoparticle 

enhanced mixing. Concentration profiles shown in Figure 3.9 were obtained for scenarios with 

passive and magnetic actuated mixing and was compared with the condition when there are no 
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external mixing enhancements. As predicted, there is little or no mixing when it is only due to 

diffusion so external methods are needed to mix solutions in these laminar microchannels. For 

passive mixing, four barriers of 30μm x 10μm are added (see Figure 3.9b) at the top and bottom 

of the channel in order to create turbulence in the flow.  

 

Figure 3.9 Concentration profile in the micro-channel under different mixing scenario: (a) without magnetic 

actuation, (b) passive mixing without magnetic actuation, (c) with magnetic actuation, and (d) passive mixing with 

magnetic actuation. 

 

Slight enhancement in the mixing is observed but the solution is unable to completely mix 

together. Furthermore, the diffusivity of particle used in the simulation is in the order of 10
-11

 

m
2
/s, therefore either longer microchannels or more complicated barrier structures needs to be 

fabricated to enhance the mixing to an acceptable range. Even though passive method enhances 

the mixing to a certain extent but it can be seen that magnetic nanoparticle enhancement is far 
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better and resultes in almost 100% mixing in less than 20s (see Figure 3.9c). Moreover the 

configuration used for mixing is simple and can easily be developed without complicated 

fabrication processes. The size of MNPs used in this simulaton is 100nm which is directed in the 

microchannel with an intial flow velocity of 300 μm/s. A switching frequency of 1 Hz is used to 

generate oscillating magnetic field.  Finally, a hybrid of magnetic as well as passive method was 

also simulated keeping all the parameters same as above. Poor mixing was achieved as shown in 

Figure 3.9d. This may be due to the fact that the area needed for complete oscillation of magnetic 

nanoparticle is not enough for creating turbulence in the flow. Moreover, there is a change in 

magnetic field due to presence of barriers near the conductors which results in less force exerted 

on the MNPs. A slight disturbance in the flow is observed but it is not enough to mix the two 

solutions completely. The numerical simulations results report here indicate that magnetic 

nanoparticle-based strategy can be a useful simple technique for increasing mixing in 

microchannel, particularly for molecules that have very low diffusivity and can be used for 

developing rapid micromixer that can be integrated on lab-on-a-chip systems.  

3.1.4.2 Residence Time Distribution (RTD) Analysis 

In this section, we present the performance of time-dependent MNP-enhanced mixing in 

microchannel under different conditions of magnetic actuation techniques, magnetic nanoparticle 

size, frequency of applied current used to generate magnetic field, and inlet flow velocity. Time-

dependent numerical results are obtained and the performance of mixing is predicted using 

residence-time distribution analysis (RTD) as described earlier. In magnetic field equation 

average current of 1A is considered throughout the simulations. For the convection and diffusion 

equation, D=10
-11

 m
2
/s is used in all the simulations. Other parameters such as fluid viscosity   
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( smkg  /10 3
) and density   (

33 /10 mkg ) are kept constant throughout. The effect of various 

parameters on the mixing performance is described in more detail in the following sections. 

3.1.4.2.1 Effect of Magnetic Actuation configurations 

In order to investigate the magnetic nanoparticle-assisted mixing, nine different magnetic 

actuation configurations are incorporated in the model and compared with the base scenario 

when no magnetic field is deployed and the mixing is only due to convection and diffusion. As 

shown in Figure 3.1, magnetic field can be generated due to two copper electrodes in which 

electric current can be systematically turned on and off with given frequency to produce 

oscillating magnetic force within the microchannel. Different techniques can be adopted, either 

we can turn both electrodes on and off together or turn one electrode on and other off and vice-

versa. Similarly, two more similar electrodes can be placed just on the opposite side of the 

microchannel to see if using additional electrodes have profound effect on mixing. Several 

combinations of techniques are possible by using four electrodes but nine most effective 

combinations are chosen in order to generate pulsating magnetic field to predict and optimize 

mixing performance. These nine combinations of magnetic actuation techniques are given in 

Table 3.1 together with the status of electrodes, whether they are turned on or off or not used in 

the simulation. The electrodes are numbered from 1 to 4 starting from bottom left and going 

towards upper left in anticlockwise direction. The status of electric current (ON/OFF) and 

combination of four electrodes produces nine scenarios (a-i) of pulsating magnetic field which is 

used to enhance mixing. These nine scenerios are presented in Table 3.1. 
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Table 3.1 Nine combinations of magnetic actuation configurations (a-i). Microchannel (grey) at the center is 

surrounded by four-electrodes numbered 1-4. Oscillating current in the form of square-wave is applied to these 

electrodes in various combinations. 

 

Microchannel at the center is surrounded by four electrodes, oscillating current in the form of 

square-wave is applied to these electrodes in various combinations, for example; in scenario (a), 

all four electrodes are used where current in electrodes 1& 4 are in same phase whereas in 

electrodes 2 & 3 it differ by 180
0
. Similarly, in scenario (d) only two electrodes 1&4 are used 

while no current is supplied to electrodes 2& 3, and in scenario (i) only one electrode 1 is used. 

These nine combinations at a frequency of 1Hz are used to generate magnetic field and the effect 
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of the scenarios on mixing performance is investigated using RTD analysis. Other parameters 

such as inlet fluid velocity (
 

μm/s 3000 u ), MNP size (100 nm), viscosity   ( smkg  /10 3
) 

and density   (
33 /10 mkg ) of the fluid are kept constant throughout the nine simulations. It can 

be seen from Fig.3.10 that magnetic actuation has profound effect on mixing performance. The 

RTD curves with magnetic actuation corresponding to all nine scenarios are compared with the 

RTD curve with no magnetic field effect.  Earlier, Adeosun et al. [204-206] is the only group 

who have utilized RTD technique in microfluidics to characterize passive mixing which is 

similar to the scenario of the proposed work when no magnetic actuation was used. In Figure 

3.10, it is found that in almost all scenarios (see Figure 3.10a-i, circle) the time-dependent 

magnetic actuation decreases the variance and overall enhances the mixing. This is due to large 

disturbance created in the flow path due to oscillating MNPs. When only molecular diffusion is 

responsible for mixing, large variation is observed (see Figure 3.10a-i, triangle) in mean 

residence time (variance=33). RTD curves together with the computed variance are used to rank 

the mixing performance of nine different magnetic actuation techniques. Mixing performance is 

considerably enhanced in scenarios c & f (see Figure 3.10c & Figure 3.10f), because smaller the 

variance, the narrower the RTD curve and better the mixing performance. Other scenarios 

provide better mixing when compared to the diffusion-based mixing but are not as efficient. 

Moreover, it is seen that scenario c employs all four electrodes whereas scenario f uses only two 

electrodes at the bottom of microchannel and therefore it will be more efficient in terms of ease 

of fabrication and controlling the temperature rise in the microchannel. The results from RTD 

curve illustrate that scenario f is the most optimized configuration which will be used later in all 

the simulations since increasing the number of electrodes does not have appreciable effect on the 

mixing quality. 
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The RTD results reported here indicate that magnetic nanoparticle-based strategy can be a useful 

simple technique for increasing mixing, particularly for molecules that have very low diffusivity. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 3.10 Effect of magnetic actuation techniques on residence time distributions (RTD). Nine different magnetic 

actuation scenarios (a-i) were considered and variance was computed for RTD curves with (circle) and without 

(triangle) magnetic field effect. 

 

 

The major advantage of using magnetic actuation strategy over passive methods is the low 

fabrication cost because magnetic actuations do not require complicated microstructures for 

internally disturbing the fluid flows. Moreover, in passive methods the number of external 

parameters available to control mixing behavior is limited. For example: microchannel structure 

once fabricated cannot be optimized for mixing biomolecules of varying densitities. 

Microstrutures needs to be re-fabricated in the microchannel with optimized design. Therefore, 

these systems are based on internal fabrication parameters which are often difficult to tune for 
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high mixing performance. Whereas, in the proposed magnetic mixing method fabrication do not 

play major role in mixing but it‘s the external actuation parameters such as magnetic field 

strength, magnetic field orientation, magnetic nanoparticle size etc which causes mixing. These 

parameters can be easily adjusted using the developed mathematical model described in more 

detailed in next sections before developing the actual system. Moreover, magnetically actuated 

mixing is much better than other active methods such as fluid actuation by energies including 

electrical which can damage or alter the properties of the fluid solution containing cell, 

biomolecules or DNA and most importantly they can be easily integrated  to be used with lab-on-

a-chip systems.  

3.1.4.2.2 Effect of Switching Frequency 

In the schematic of microfluidic system shown in Figure 3.2, time-dependent magnetic field due 

to alternating current produces magnetic forces on the MNP solution or more specifically on 

MNPs that disturb the parallel streamline flow in the otherwise highly ordered laminar flow. The 

to and fro movement of MNPs causes vertical momentum (in y-direction) to the fluid solution 

and stretch/fold streamlines of the fluids thereby enhancing the mixing quality. Therefore, the 

switching frequency of the electric current supplied to the electrodes is one of the most important 

parameters that affect mixing. Switching frequency of electric current can result in either very 

fast or very slow modulating magnetic forces; therefore needs to be optimized.  The effect of 

switching frequency on the mixing quality is observed by using five different switching 

frequencies ranging from 0.1 Hz to 5 Hz, keeping the other parameters such as inlet flow 

velocity μm/s) 300( , nanoparticle size nm) 100( , and current through the conductor A) 1( constant 

throughout the simulations. RTD curves together with statistical variance are computed for each 

switching frequency and compared as shown in Figure 3.11. It can be seen that at very low (0.1 
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Hz) and at very high (5 Hz) switching frequency, the mixing is not appreciably enhanced when 

compared to scenario when no magnetic field is used. This may be due to the fact at very low 

frequency the MNPs due to attracting magnetic force are moved towards the electrodes and 

causes the surrounding fluid to move to the other side. Once the MNPs reach near the channel 

wall they stay there for certain time, since the frequency is low therefore the probability to go 

back with the flow is high.  

 

Figure 3.11 Variation of RTD curve with switching frequency. (a) Effect of switching frequency of magnetic 

actuation on residence time distributions (RTD). (b) Plot of variance versus switching frequency. Frequency zero 

implies the scenario when magnetic field was not used in the simulation. 

 

This results in less oscillation and less mixing enhancement. Similarly at very high frequency (f= 

5 Hz) the magnetic force acts for a very short duration of time on MNPs before it is turned 

on/off, therefore there is very less effective transition of MNPs in the lateral directions which 

results in less disturbance of fluid. However, at frequencies of 0.5, 1, and 2 Hz the enhancement 

is more profound. It can also be seen from Fig. 10b, that switching frequency of 1 Hz gives the 

least amount of variation (=20), more narrower RTD curve(see Figure 3.11a) and highest 

enhancement in mixing for the scale and geometry of microchannel used in this model. 

Therefore, there is always a critical or optimized value of switching frequency for a given 
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configuration and dimensions of parameters used. For the scale and geometry used in this model, 

a frequency of 1 Hz is desirable because it generates more stable and efficient mixing. The RTD 

results indicates that enhanced mixing can be achieved within a very short interval of time using 

a simple scheme consisting of time-dependent magnetic field operating at critical/optimized 

switching frequency. 

3.1.4.2.3 Effect of Magnetic Nanoparticle size 

The effect of magnetic nanoparticle diameter on the mixing performance is also predicted using 

RTD curves. MNPs with sizes ranging from 20-300 nm are used in the simulations. Inlet flow 

velocity, μm/s  3000 u , magnetic field switching frequency, Hz 1f  and all the other 

parameters are kept constant as described in previous sections throughout the simulations. RTD 

curves together with variance are computed corresponding to magnetically-actuated mixing and 

compared with the base scenario when no magnetic field is used.  

 

Figure 3.12 Variation of RTD curve with magnetic nanoparticle size. (a) Effect of magnetic nanoparticle diameter 

on residence time distributions (RTD). (b) Plot of variance versus magnetic nanoparticle diameter. Frequency zero 

implies the scenario when magnetic field was not used in the simulation. 

 

It can be seen from Figure 3.12a that as we increase the size of MNPs from 20nm to 100nm, 

RTD curves becomes narrower as such mixing performance increases but when the MNP size is 
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increased beyond 100nm the RTD curves seems to spread out as such the mixing starts 

decreasing. This is further evident from computed variance when plotted against MNP size as 

seen in Figure 3.12b. The lowest variance (=20) is observed when MNP size is 100nm. 

Decreasing the size of MNPs beyond a critical size is not effective, for example, a 20nm MNP is 

unable to agitate the fluid and the performance is not enhanced as compared to diffusion-based 

mixing. Increasing the size of MNPs to 300nm even decreases the mixing performance when 

compared to base scenario. As we know, the proposed system is based on continuous flow of 

magnetic nanoparticle solution. The fluid solution primary consists of magnetic nanoparticles 

and water. If no magnetic gradient exist, magnetic nanoparticles (MNPs) will just flow out of the 

microchannel. This happens because fluid exerts drag force on MNPs continuously. Neglecting 

the initial acceleration phase, the MNPs basically move with constant velocity. This 

approximation is based on the fact that the time constant for acceleration phase is too small for 

the scale of geometry and the size of particles used in the simulation. If magnetic field is applied, 

MNPs will experience magnetic force and if this force is more than the drag force exerted by 

fluid flow, MNPs will get deviated (move in lateral direction towards magnetic electrodes) from 

its original path. Again, if the magnetic force is switched off, MNPs will just flow with the fluid 

without any further deviation due to drag force. Periodically switching the magnetic force on and 

off will disturb the path of MNPs which will also disturb the liquid and cause mixing. Magnetic 

force can be made stronger by increasing the size of MNPs. If the magnetic force is too strong, 

large deviation will be expected in MNPs path which can be large enough to cause it to stick to 

side walls of microchannel. This will make drag force ineffective as it will not be strong enough 

to pull MNPs in horizontal direction. Therefore, overall decrease in oscillation or disturbance 

will be observed. Similarly, if the size becomes too small, magnetic force will be weaker and 
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will not be enough to cause any periodic disturbance in the flow. This will also result is decrease 

in overall oscillation effect and consequently mixing. Therefore, there is always a critical MNP 

size which will bring out optimum disturbance and mixing for a given set of conditions. Based 

on the results given in Figure 3.12 and for the geometrical configuration and flow condition used 

in the model, 100-200 nm MNPs gave the most optimized mixing performance. 

3.1.4.2.4 Effect of Inlet flow Velocity 

Inlet flow velocity also has significant effect on the mixing performance and needs to be 

optimized for a given configuration. In order to investigate and predict optimum mixing velocity, 

simulations are performed for 100 nm MNPs under magnetic field switching frequency Hz 1f  

and RTD curves are plotted and compared.  
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Figure 3.13 Effect of flow velocity on residence time distributions (RTD) for scenarios with (circle) and without 

(triangle) magnetic field. Variance (var) was computed for conditions with and without magnetic field-assisted 

mixing, (b) Plot of Variance Difference versus Reynolds Number. The variance difference is computed between 

non-magnetic field and magnetic field scenario. 

 

When the flow conditions are changed, it can be seen from Figure 3.13 that the time fluid 

element spent in the microchannel also changes; therefore as the flow velocity is increased the 

mean residence time decreases which may also decrease the effectiveness of magnetically 

actuated mixing. Therefore, an optimum flow velocity for magnetically actuated mixing needs to 

be identified.  The inlet flow velocity is changed from μm/s  900-μm/s 200  and RTD curves for 

both no magnetic actuation and magnetic actuation are plotted as shown in Figure 3.13. It can be 

seen that at very high flow velocity ( μm/s  900 ) magnetic actuation do not enhance the mixing 

performance and RTD curves are similar for magnetic and no magnetic scenario. The variance 
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calculated for these RTD curves are also similar. As the flow velocity is decreased, the effect of 

magnetically actuated mixing can be seen. The RTD curves for magnetic scenario when 

compared to no magnetic scenario becomes less spread out and the computed variance values are 

lower than their counterpart.  

Variance differences are also computed for different flow conditions (Re ranging from 0.01-

0.06) within the microchannel for both magnetic and non-magnetic scenarios. As seen from 

Figure 3.13b, the effect of magnetic actuation largely depends on the Reynolds Number. At 

higher flow velocity or Reynolds Number the Variance difference between non magnetic and 

magnetic scenario decreases. This means that magnetic actuation effect is less pronounced at 

higher flowrate for given conditions. Therefore, if the system is operated at higher flow velocity 

(~900 µm/s) larger magnetic field force is needed to bring out desired disturbance within the 

microchannel in order to enhance mixing. This can be done either by increasing the current 

through the electrodes or choosing larger magnetic size particles but both these conditions can 

have negative impact on overall mixing process. Too high current can cause excessive heating 

and may damage cells, DNA‘s or biomolecules whereas increasing the size of MNPs can lead to 

clogging of microchannel if the device size is expected to be small for point-of-care analysis. As 

this method is envisioned to enhance mixing in order to facilitate better tagging of biomolecules 

with MNPs in situ for lab-on-a-chip devices, the tagging process will be controlled by two 

important time scales, convection time scale, ct  and reaction time scale, rt . Even though the 

residence time or variance (var=8) is small at high flow velocity (~900µm/s), the tagging process 

will depend on how much time MNPs and biomolecules have to react. If the convection time, ct  

is smaller than reaction time, rt  biomolecules and MNPs will not get enough time to interact and 

they will just move out of the system without being tagged. Therefore, working at lower 
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optimum flow velocity (~300µm/s) in this case with magnetic mixing is better in order to 

provide sufficient reaction time for tagging biomolecules with MNPs. Moreover, working at 

higher flowrate will cause undesired high pressure drop within the microchannel than can have 

significant demerits. We can also see from Figure 3.13b, that at very low flow velocity 

(~200µm/s), the magnetic mixing seems to be less profound. This is evident from the fact that 

variance difference at low Reynolds Number (Re=0.01) is less. This is true, because at very low 

flowrate magnetic field force will be more effective. If the magnetic force is too strong, large 

deviation will be expected in MNPs path and MNPs will travel longer distance vertically. This 

can cause MNPs to stick to side walls of microchannel which will make drag force ineffective to 

pull MNPs in horizontal direction with the fluid flow when magnetic field is turned off. 

Therefore, an overall decrease in oscillation or disturbance will be observed which leads to 

decrease in mixing. For the scale of geometry and parameters used, a flow velocity between 

μm/s  400-μm/s  300
 
seems to be more effective and causes enhanced magnetically actuated 

mixing. It can also be seen from Figure 3.13 that at flow velocity of μm/s  300 , the computed 

variance for magnetic scenario is 21 whereas for similar condition when no magnetic field is 

used it is 33. This indicates that mixing due to MNPs seems to be more profound at this flow 

condition. Therefore, an optimum inlet velocity ranging between μm/s 400- μm/s300  is 

predicted for magnetically actuated mixing for the simulated geometry and conditions. 

3.1.5 Conclusion 

A finite element mathematical model for demonstrating an innovative time-dependent 

magnetically actuated mixing process for enhancing the mixing performance of a microfluidic 

system is successfully developed. Specie Concentration Distribution (SCD) together with 

Residence time distribution analysis (RTD) is used to study the dynamics of this novel mixing 
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process as well as predict the performance.  The effect of magnetic actuation configurations, 

MNP size, switching frequency of magnetic field, and flow conditions is studied. It is found that 

orientation of electrodes as well as the direction of current to produce desirable magnetic field 

also play a major role on mixing performance rather than the number of electrodes.  

 

Table 3.2 Comparison of SCD and RTD Analysis and their outcome 

Parameters  SCD Analysis  RTD Analysis  

Magnetic Nanoparticle Size 100 nm 80-100 nm 

Inlet Flow Velocity 200-300 µm/s 300 µm/s 

Switching Frequency 1 1 

Electrodes Configuration - c & f 

 

A two-electrode system with an optimized current can be as effective as four-electrode system. 

For effective time-dependent magnetically actuated mixing, an optimum switching frequency is 

always required that not only depends on applied magnetic field but also on convective flow 

velocity, channel dimension and nanoparticle size. Optimum switching frequency together with 

MNP size and inlet flow velocity is predicted using both the analysis and summarized in Table 

3.2. Scaling analysis also illustrated that for a given magnetic force and inlet velocity, a narrower 

microchannel require higher frequency whereas wider microchannel will need smaller frequency 

in order to obtain near-uniform concentration and good mixing.  Moreover, magnetically 

actuated mixing was compared with passive mixing strategies and was found to be very efficient 

and simple to develop. Overall, the developed magneto-hydrodynamic ―numerical prototype‖ 

proves that time-dependent magnetic manipulation technique has an excellent potential to 

efficiently mix or tag MNPs with biomolecules in situ for further processing and will be very 

useful in developing efficient lab-on-a-chip systems. 
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3.2 Dynamics of Magnetic Nanoparticle Capturing & Magnetic Bioseparation 

 

3.2.1 State of the Art 

Magnetic field based bioseparation in a microfluidic systems is receiving increased attention 

because of its vast applications in biomedical research, clinical diagnostic and biotechnological 

sciences. Its principle involves isolating biomolecules of interest from the bulk mixture by 

attaching them to small magnetic particles and then recovering it by using an external magnetic 

field [3, 29, 41, 61, 134, 207]. In the past few years, several microfluidic bioseparation system 

based on magnetic particles have been successfully developed for separation, analysis and 

detection of biomolecules [45, 60], immunoassay of proteins [48, 172], purification of DNA 

[50], and cell separation [52] . However, most of the recent developments made in bioseparation 

is based on functionalized magnetic beads or microparticles[29, 47, 52, 147], there are relative 

few microfluidic systems[62]  developed that have employed magnetic nanoparticles for 

bioseparation. Compared with magnetic microparticles or microbeads, magnetic nanoparticles 

are more promising and possess better properties such as higher surface to volume ratio[37, 61, 

62] for chemical binding, minimum disturbance caused due to attached biomolecules [37] 

because of their extremely small size, and moreover they are superparamagnetic [37] , i.e., their 

magnetization without a magnetic field is zero. This is important because unlike microparticles 

or microbeads they do not agglomerate and stay suspended in carrier liquid when the magnetic 

field is removed. This makes it easy for the removal or capture of tagged biomolecules of 

interest. The dimension of magnetic nanoparticles is also smaller or comparable to those of a 

biomolecules like cells, proteins, DNA as such they provide closer interaction and tagging. 

Overall, magnetic nanoparticles offer numerous advantages and their introduction in a 

microfluidic system is expected to greatly enhance the device functionality. 
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The efficiency of magnetic bioseparation not only depends on the use of magnetic nanoparticles 

but also involves interplay of various other parameters such as inlet velocity of fluid containing 

magnetic nanoparticles, size of nanoparticles, magnetic field strength and its orientation, 

geometry of the device etc. In order to provide more quantitative comprehension of the capture 

process of magnetic nanoparticles in microfluidic system and consequently help in designing, 

optimizing and developing magnetic microfluidic bioseparation system, it is necessary to 

develop numerical model. 

Numerical prototype and simulations can serve as ―virtual experiments‖ to diagnose factors 

which affect magnetic nanoparticle based biomolecule separation performance. It can also help 

to investigate a wide range of design parameters including flow velocities, channel dimensions, 

geometries and nanoparticle properties and can identify key design and operational issues. There 

has been a few studies [138, 208-213] made in the past to study the transport of magnetic 

particles in microfluidic system but most of these work focused on microparticles or microbeads 

and was limited to the transport of only one particle in a microfluidic system. Moreover, only 

simple magnetic field configurations were considered without a detailed analysis and 

optimization strategies. Therefore, a more quantitative understanding and study of the dynamics 

of capture process of multiple magnetic nanoparticles is required for the design and development 

of the microfluidic device. For this purpose, a finite element mathematical model was developed 

to predict the motion of multiple magnetic nanoparticles released in the microfluidic system. The 

magnetic nanoparticles trajectories were computed under the influence of magnetic field and it 

was also shown that they varied not only because of the size but also due to position of magnetic 

nanoparticles from where they are launched. Parametric analysis was conducted and optimized 

values of inlet velocity, diameter of magnetic nanoparticles and magnetic field strength were 
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estimated. It was also demonstrated that the angular position of magnet around the microchannel 

is also critical and the device performance could further be improved by adjusting this parameter. 

3.2.2 Model Development 

A mathematical model was implemented to investigate the interaction of external magnetic field 

with the flow of magnetic nanoparticles. The two-dimensional geometrical representation of a 

microfluidic channel with a permanent magnet is shown in Figure 3.14a whereas Figure 3.14b 

shows the schematic of a 3D representation of a microfludic magnetic bioseparation system.  

 

Figure 3.14 Top view of the microfluidic system geometry used in this study.Magnetic nanoparticles enters the 

system from left and are attracted and trapped due to the magnetic force from the permanent magnet placed near the 

vicinity.Inset (b) shows the 3D  representation of the complete setup for trapping magnetic nanoparticles. 

 

It was assumed that the variation in transport of magnetic nanoparticle under the influence of 

magnetic field will be very small in the direction perpendicular to the x-y plane due to high 

aspect ratio [214] of the cross-sectional geometry that is modeled. This will reduce the 3D model 

to a 2D approximation. Although, a complete 3D model will be more accurate because it will 

take into account the local deviation that will occur due to 3D geometry but will also 
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significantly increase the computational overhead when compared with 2D geometries. 

Moreover, a 2D model will serve as a simple, fast, and relatively accurate guideline for designing 

and optimizing microfluidic magnetic bioseparation systems.  The 2D model geometry as shown 

in figure 3.14a consists of a channel which is 40 µm wide and 220 µm long. The channel is 

connected to a circular well at the center having a diameter of 100 µm. The upper of boundary of 

circular well is enclosed with a 20 by 60 µm permanent magnet. The magnetic nanoparticles are 

assumed to be dispersed in the fluid and flows from left to right as shown in Figure 3.14b. It 

experiences different forces inside the microchannel. These forces are magnetic forces arising 

from magnetic field and strong magnetic field gradient created from external permanent magnet, 

the drag forces due to movement of magnetic nanoparticles with respect the surrounding fluid, 

and the gravitational forces arising due to the gravity acting on magnetic nanoparticles. The 

gravitational forces will be negligible as compared with magnetic forces and drag forces due to 

extremely small size of magnetic nanoparticles and therefore will not be considered in the 

simulations. The model was set up to investigate the effect of an external magnetic field on the 

fluid flow with magnetic nanoparticles. The equations and theory developed are based on 

Navier-Stokes equations and Maxwell‘s equations. The model basically solves the Maxwell‘s 

equation for a static magnetic field. The computed magnetic field is coupled to fluid flow by 

using the magnetic volume force term acting on the nanoparticles in the Navier-Stokes equations. 

The detailed explanation of the equations and theory used in the model are described in the 

following sections. 

3.2.2.1 Fluid Flow Equations 

The magnetic nanoparticles with a radius r  are assumed to be dispersed in the fluid of viscosity 

 ( smkg  /10 3
) and density  (

33 /10 mkg ) equal to that of water. The nanoparticles with fluid 
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are given a parabolic velocity at the entrance of the channel. It is assumed that the particles move 

with constant velocity and the early acceleration phase of magnetic nanoparticles within the fluid 

is neglected. This approximation is based on the fact that the time constant for acceleration phase 

is too small for the scale of geometry and the size of particles used in the simulation, therefore it 

can be neglected. The drag force on a spherical magnetic nanoparticle is given by Stokes law 

which is given as; 

  vrvvrF pfDrag


 66                                                                                             (3.17)      

Where, r is the radius and pv


 is the velocity of magnetic nanoparticles, fv


 is the fluid velocity 

with which the magnetic nanoparticles are launched into the microchannel. For the geometry 

used in the simulation and the range of fluid velocity given, the Reynolds‘s number would be 

much smaller than unity. For example, if the fluid of viscosity  ( smkg  /10 3
) and density  (

33 /10 mkg ) is given an inlet velocity fv


 (100 µm/s) in the channel of height D (40 µm) than the 

Reynold‘s numbers,  /fvDR


  will be 0.004 which is smaller than unity. Therefore, the fluid 

flow containing the magnetic nanoparticles can be assumed to be laminar. During the movement 

of magnetic nanoparticles with mass 𝑚 it will be subjected to change in external forces 

𝐹𝑀𝑎𝑔  arising due to magnet. According to Newton‘s second law of motion and Stokes law for 

viscous drag; 

vrFFF
t

v
m MagDragMag


6




                                           (3.18)       

The terminal velocity is calculated to be 
r

FMag

6
  , and can be obtained by substituting Eg. 3.18 

equal to zero. The terminal velocity of magnetic nanoparticles will be attained exponentially and 

the time constant can be calculated using the following equation; 
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The time constant is calculated for radius of nanoparticles ranging from 10 - 1000 nm used in the 

simulation in the fluid. It was found that the time constant varied from 0.2-22.2 ns which means 

that nanoparticles acquires the terminal velocity very fast and therefore, it is acceptable to 

neglect the acceleration phase and assume that the nanoparticles are dispersed and move with the 

velocity of fluid. The magnetic force due to external magnetic field acting on the nanoparticles 

transfers momentum to the surrounding fluid thereby changing the flow profile. The flow 

velocity u  for an incompressible fluid ( 0 u ) is described using Navier-Stokes equation, 

  Fupuu
t

u




 2                                                                                         (3.20) 

Where, u  is the velocity field ( sm / ), p  is the pressure (N/m
2
), and F is the volume force 

(N/m
3
). The momentum transfer from magnetic nanoparticles to the fluid is incorporated by 

setting the volume force equal to the magnetic force acting on the nanoparticles. The magnetic 

force is proportional to the magnetic field and magnetic field gradient generated from the 

permanent magnet. This term is very important because it couples the fluid flow equation with 

the static magnetic field equation and is described in more detail in the following section. 

3.2.2.1.1 Boundary Conditions 

The flow of fluid with magnetic nanoparticles was assumed to be parabolic at the inlet of the 

microchannel moves in the direction of x-axis with zero velocity in y-direction. The average 

flow velocity of the fluid with magnetic nanoparticle was𝑢0 0u . No slip condition ( 0 vu ) 

was applied along the walls of microfluidic bioseparation system and at the outlet, pressure 

condition was set equal to zero. 
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3.2.2.2 Magneto-static Equations 

The static magnetic field described using Maxwell-Ampere‘s law is given by; 

JH                                                                                                                                  (3.21) 

Where H is the magnetic field vector ( mA / ) and J  is the current density vector (
2/ mA ), 

According to Gauss law for magnetic flux density, B ( 2/ mVs )  

0 B                                                                                                                                    (3.22) 

In order to describe a relation between B and H a constitutive relation given by the following 

equation is used in the model. 

)( MHB                                                                                                                            (3.23) 

Where,   is the magnetic permeability and M  is the magnetization vector. The magnetic 

permeability can also be expressed as r0  where r  is the relative permeability of magnet (=1) 

and is assumed to be constant in all the simulations and 0  is the permeability in vacuum (

27

0 /104 AN  ). A magnetic vector potential A is described [180] according to the 

following equation 

0;  ABA                                                                                                                  (3.24) 

After substitution of equation 3.24 in equations 3.21, 3.22, and 3.23, the following vector 

equation is obtained; 

JMA
r













0

1
                                                                                                     (3.25) 

It is assumed that the magnetic vector potential has a nonzero component only perpendicular to 

the plane zA which basically simplifies the 2D and it has perpendicular current equals to zero. 

Based on these assumption equation 3.25 simplifies to following equation; 
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The above equation is solved in magnetostatic module of COMSOL and the induced 

magnetization M ( xM , yM ) is calculated using the arc tangent expression given by Oldenburg et 

al.[215]; 
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The material parameters  and   are obtained using the M-H curve for Fe3O4 magnetic 

nanoparticles from literature [215] and were assumed to be constant ( 4101 ;
5103  ) 

for the range of magnetic nanoparticles used in the simulations. It was also assumed that the 

magnetic nanoparticles do not interact in the surrounding fluid and the magnetic force is 

proportional to the induced magnetization described in equation 3.27 & 3.28 according to 

Rosensweig et al.[180]. The magnetic force term F ( yx FF , ) is given by equation 3.29 & 3.30 

and is substituted in equation 3.20 in order to provide coupling between the fluid flow and 

magnetic field. 
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3.2.2.2.1 Boundary Conditions 

A magnetic insulation boundary condition ( 0zA ) was applied along the system boundary. 
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3.2.2.3 Numerical Simulation 

The finite element software package, COMSOL
 
was used to numerically solve the two-

dimensional partial differential equations described in the model, and to predict the transport of 

magnetic nanoparticles under the influence of both magnetic and drag forces as they move from 

left to right as shown in Figure 3.14a. The model consists of one geometry and two application 

modes: incompressible Navier-Stokes and magnetostatics in COMSOL to model the transport of 

the magnetic nanoparticles. The meshing around the geometry was around 10 μm except for the 

channel which was 5 μm in order to get more precise trajectories of magnetic nanoparticles. The 

model was solved in two steps using two different solvers. First the magnetic field and magnetic 

forces generated due to permanent magnetic was solved using the magnetostatic application 

mode with a non-linear solver and than a time-dependent solver was used to solve 

incompressible Navier-Stokes application mode.  

3.2.2.4 Trajectories and trapping efficiencies of Magnetic Nanoparticles  

In order to obtain the trajectories of magnetic nanoparticles, the fluid phase was initially solved 

using the method described above in order to obtain steady state velocity profiles for both 

magnetic and non-magnetic cases and then nanoparticle tracing was done on a ‗frozen‘ flow field 

using the particle tracing plot available in COMSOL. The tracing plot available in the software is 

based on Khan and Richardson force [216] that is derived partially using experimental results 

and is valid for large range of Reynolds number. The equation used in the software is based on 

total force that the liquid exerts on the immersed spherical particles. Using this method the 

trajectories of the magnetic nanoparticles launched from different positions within the 

microchannel were simulated. The trapping efficiency was calculated using equation 3.31 which 
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is based on number of particles captured, TrappedN  and the number of particles that entered the 

microchannel, N     

100(%) 











N

N
EfficiencyTrapping

Trapped
                                                                          (3.31) 

It was also assumed that magnetic nanoparticles do not roll on after they hit the walls and are 

considered to be trapped. 

3.2.3 Results & Discussion 

3.2.3.1 Validation of Numerical Model 

Prior to more detailed numerical investigation and parametric analysis, the finite element model 

was validated using the well developed analytical expressions given by Furlani et al. [208] for 

magnetic flux density and magnetic force using a rectangular permanent magnet. The magnet‘s 

magnetization and relative permeability of magnet was kept constant throughout the analysis. 

Magnetic flux density and force was calculated for 50 nm magnetic nanoparticles using both the 

analytical expressions as well by finite element COMSOL model developed in this work. Figure 

3.15 shows the computed y-component (By) of magnetic flux density along the axis of permanent 

magnet. 
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Figure 3.15 Magnetic field components along the axis of permanent magnet (a), Inset (b) shows the axis of magnet 

and the microchannel. Magnetic flux density calculations starts near the face and moves away from the magnet 

along its axis within the microchannel. Solid line represents finite element analysis (FEA) using COMSOL whereas 

dotted line represents analytical solution. 

 

The numerical results agree very well with the analytical solution except for a place that lie 

closer to the magnet where the magnetic field experienced by nanoparticles computed 

analytically slightly exceed their numerically calculated values. This may be due to the fact that 

the magnet‘s edges were slightly curved for numerical calculations so as to improve convergence 

and reduce the numerical uncertainty. Moreover, the mesh resolution was also minimized at the 

corners due to curved surface thereby reducing the computational memory. It is also shown in 

Figure 3.15 that the magnetic flux density is high near the permanent magnet and decreases as 

we move away along the axis. The range of magnetic flux density (0.2-1.2 Tesla) computed 
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using the model and the analytical solution for the given microfluidic system was also almost of 

same order of magnitude as reported in real microfluidic devices [37, 47, 139]. 

 

Figure 3.16 Magnetic field components (a, b) and magnetic force components (c, d) on a magnetic nanoparticle of 

50nm diameter along the axis of the micro-channel, Solid lines represent finite element analysis (FEA) whereas 

dotted lines represent analytical solution 

 

Figure 3.16 shows the computed magnetic flux density components (Bx, By) and corresponding 

magnetic force components (Fx, Fy) acting on nanoparticles along the axis of microchannel. It 

can be seen in Figure 3.16a, that By obtains the maximum value at the center of permanent 

magnet whereas Bx, as shown in Figure 3.16b oscillates around the central axis of the 

microchannel and peaks at the edges of the magnet. The vertical and horizontal component of 

magnetic force Fy and Fx as shown in Figure 3.16(c &d) has a similar profiles as their magnetic 
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field counterparts. The vertical component of magnetic force Fy is strongest above the center of 

magnet and is responsible for magnetic nanoparticle capture. Whereas, the horizontal component 

Fx is responsible for the oscillatory movement of the nanoparticles within the channel. For all the 

cases studied the numerical results were in very good agreement with the analytical predictions 

and indicate that the current finite element model is valid. The slight deviation that was seen in 

the simulations was due to the fact that numerical computation scheme employed slightly curved 

edges of the magnet whereas analytical expressions assumes exact rectangular permanent 

magnets. Moreover, the computed values of magnetic forces obtained using mathematical model 

was of same order of magnitude (e.g.; 0.1-1 pN) as reported by Gijs et al.[37]. The analytical 

equations used in this study can express simple physical principles but when the system involves 

coupled problems and complicated geometries, these expressions becomes too complicated and 

therefore, finite element based software, COMSOL was used. 

3.2.3.2 Magnetic nanoparticle transport using particle tracking 

Equations 3.17-3.30 as described above were used to study the transport of magnetic 

nanoparticles under the influence of magnetic field. It was assumed that the transport of fluid 

carrying magnetic nanoparticles is non-magnetic, and has a density and viscosity equal to that of 

water. Figure 3.17a shows the simulated induced particle velocity of nanoparticles under the 

influence of magnetic field whereas Figure 3.17b shows the velocity profile when there is no 

magnetic field. It is clearly seen that the velocity profile remains unaffected and follows a 

laminar flow when there is no magnetic field whereas when there is magnetic force, the velocity 

profile is affected and the fluid with dispersed magnetic nanoparticles tend to move towards the 

magnet. In order to understand the dynamics of the transport process within the channel 

geometry, the trajectories of magnetic nanoparticles were predicted.  
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Figure 3.17 Simulated contours of constant magnetic vector potential (flux lines) and induced particle velocity with 

(a) and without (b) magnetic force using finite element model. Magnetic vector potential has a unit of Wb/m. 

 

Two different diameters of magnetic nanoparticles (25 nm and 50 nm) are launched from ten 

different positions within the geometry ranging from 0 to 40 µm in y-direction as shown in 

Figure 3.18. It shows that larger nanoparticles (50 nm) had smaller trajectories and are trapped 

much easily as compared to smaller nanoparticles (25 nm) under similar conditions of applied 

magnetic field (M=10000 A/m, r =1). This is due to the fact that magnetic forces are 

proportional to the size of magnetic nanoparticles. Hence, nanoparticles with larger diameter 

experience more magnetic force when compared to smaller nanoparticles therefore they tend to 

get captured much easily.  

(b)

(a)

(b)

(a)

(b)

(a)
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Figure 3.18 Simulated path of magnetic nanoparticles of 50 nm and 25 nm diameter shows that the trajectory of 

nanoparticles also depend on point of release with position varying in y-direction from 0 to 40 µm. 

 

It is obvious that in order to trap smaller nanoparticles a higher magnetic force or more 

specifically higher magnetic field has to be applied across the channel. It is also observed that 

trajectories of nanoparticles differ dramatically with the position of the nanoparticles from where 

they are launched. This is due to the spatial variation of magnetic force components within the 

microchannel which alters the velocity profile of nanoparticles from where they are launched 

resulting in overall change in trajectories. 

3.2.3.3 Parametric Analysis 

The effects of inlet velocity of fluid, diameter of magnetic nanoparticles, and magnet‘s 

magnetization on the trapping efficiency of the microfludic system are illustrated in this section. 

Figure 3.19 shows that on increasing the inlet velocity of the fluid the trapping efficiency 

decreases because the drag force on the magnetic nanoparticles tend to overcome the magnetic 

force responsible for capture thereby decreasing the overall trapping efficiency.  
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Figure 3.19 Variation of trapping efficiency of magnetic nanoparticles with the nanoparticle diameter (magnet‘s 

magnetization was kept constant at 10000 A/m). 

 

This is also true when the diameter of magnetic nanoparticles tends to decrease. Overall, the inlet 

velocity of fluid is inversely and diameter of nanoparticles is directly proportional to the trapping 

efficiency. It was concluded from the analysis (Figure 3.19 and Figure 3.20) that in order to 

capture magnetic nanoparticles of 100 nm or less, the inlet velocity of fluid with which magnetic 

nanoparticles are launched in the given system should not exceed 100 µm/s. This is critical when 

designing a microfluidic bioseparation device because a too high inlet velocity would tend to 

decrease the trapping efficiency whereas too low might slow down the overall separation process 

which would make it unlikely to be used for point-of-care analysis. Therefore, the prediction of a 

more optimum range of inlet velocities of fluid carrying the magnetic nanoparticles will be 

important in designing an efficient microfluidic bioseparation device.  
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Figure 3.20 Variation of trapping efficiency of magnetic nanoparticles with the inlet velocity of fluid entering the 

microfluidic system (magnet‘s magnetization was kept constant at 10000 A/m). 

 

It was also observed from the analysis that larger nanoparticles/microparticles (1000 nm) tends 

to get captured even at higher inlet velocity (1000 µm/s). Magnetic field characterized by 

magnet‘s magnetization also play an important role in optimizing the performance of 

microfluidic bioseparation system. Therefore, the effect of magnet‘s magnetization on the 

trapping efficiency is also studied and illustrated in Figure 3.21. The inlet launch velocity of 100 

µm/s was used in these simulations because it is the most optimum velocity obtained from the 

above analysis for trapping magnetic nanoparticles of less than or equal to 100 nm. It was seen 

from Figure 3.19 that higher value of magnet‘s magnetization is required in order capture smaller 

magnetic nanoparticles and vice versa. For example, in order to capture magnetic nanoparticle of 

50 nm completely in the simulated microchannel, the most optimum magnetic field strength 

should be equal to or greater than 6000 A/m whereas if a 10 nm magnetic nanoparticle is used in 
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the separation scheme than magnet‘s magnetization should not be smaller than 12000 A/m. In 

this way a range of most optimum magnetic field strength can be predicted using the model. 

 

Figure 3.21Variation of trapping efficiency of magnetic nanoparticles with the magnetization of magnet (Inlet 

velocity was kept constant at 100µm/s). 

 

Based on the above analysis it can be seen that inlet velocity of fluid carrying the magnetic 

nanoparticles, the diameter of magnetic nanoparticles and the magnetic field strength are three 

most important parameters that can be optimized in order to enhance the performance of 

microfludic bioseparation system.For example, if 50 nm magnetic nanoparticle is to be used in 

the bioseparation scheme, based on the above analysis the most optimum values of inlet velocity 

of fluid and magnet‘s magnetization would be 100 µm/s and 6000 A/m respectively. Despite the 

succesful prediction of these optimized values one should note that there are other factors which 

contribute significantly to further enhance the device performance.  
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Figure 3.22 Simulated trajectories of magnetic nanoparticles (50 nm) under varying magnetic field obtained by 

varying the angular position of permanent magnet (a-i) around the microchannel. The permanent magnet is placed 

with reference to center solid line at different angles. Dashed lines indicate the angular position of magnet. The red 

lines with a black dot represent the trajectory of magnetic nanoparticles within the micorchannel. 

 

Parameter such as position of permanent magnet around the microchannel is also critical in 

dictating the resulting bioseparation efficiency. In order to demonstrate that magnet‘s position 

around the microchannel also play an important role, nine different scenerios were chosen based 
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on the number of magnets as well as on their angular position with respect to microchannel inlet. 

Figure 3.22(a-i) shows nine different angular position of magnet and the trajectories of magnetic 

nanoparticles of 50 nm diameter launched at a initial velocity of 100 µm/s. The magnetization 

value of the permanent magnets used in the simulations was kept constant at 4000 A/m. Figure 

3.22(e) illustrate the scenerio were four magnet‘s are used, Figure 3.22 (b,c,d,f,and g) illustrate 

the scenerios were two magnets are used,whereas only one magnet is used in scenerios shown in 

Figure 3.22(a,h,and i). The trapping efficiency for all the nine scenerios were calculated and 

presented in Figure 3.23. It is seen that the trapping efficiency was largely dependent on the 

angular position of magnet around the microchannel rather than on the number of magnets. Even 

employing four magnets resulted in a smaller (20%) trapping efficiency as seen from Figure 3.23 

(e). It was also demonstrated that when two magnets were kept at inclined position with respect 

to inlet flow as seen in Figure 3.23 (c and d) the trapping efficiency was 100% but when these 

magnets are kept perpendicular to the flow the trapping efficiency was very small (17.5%) 

because the magnetic force from opposite magnets tend to cancel out each other and the drag 

force dominates resulting in more magnetic nanoparticles being flushed out or removed. It is 

futher seen that 100% trapping efficiency can be achieved even with one magnet. This is done by 

placing it at angle of 135° with respect to inlet flow as seen from Figure 3.23 (i). From the earlier 

analysis, it was found that 6000 A/m of magnet‘s magnetization was sufficient to capture 

completely 50 nm particles flowing with an inlet fluid velocity of 100 µm/s when the magnet 

was kept perpendicular to the inlet flow but if the same magnet is kept an angular position of 

135
0
 with respect inlet flow, 4000 A/m or 33% less magnetic field strength would be required. 

This further proves that the angular position of magnet is very important and the device 

performance could further be improved by adjusting the angular position of permanent magnet 
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around the microchannel which is equivalent to optimizing the spatial variation of magnetic field 

gradient in the channel. 

 

Figure 3.23 Predicted values of trapping efficiency for nine different scenarios (a-i) as described in figure 3.22. 

 

3.2.4 Conclusion 

A model for predicting the capture and transport of multiple magnetic nanoparticles in a 

microfluidic system is presented in this work. The model is based on coupling fluid flow with the 

magnetic field and solved using finite element technique. The model was used to study the effect 

of various parameters such as inlet flow velocity,size of magnetic nanoparticles, magnetic field 

strength on the capture efficiency. It also predicted the trajectories and demostrated that the 

capturing process is not only altered by the size of but also by the position of magnetic 

nanoparticles in the microchannel. The model helped in succesfully predicting the optimized 

values of inlet velocity, nanoparticle size and magnetic field strength and demostrated that the 

device performance could further be improved by adjusting the angular position of permanent 

magnet around the microchannel. The quantitative analysis and predictive capability of this 
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model can be used to design microfluidic magnetic separation devices that will enhance clinical 

diagnostic and  biomolecular assay development. 

 

  



127 
 

3.3 Magnetic Nanoparticle enhanced microfluidic Surface-based Bioassay 

 

3.3.1 State of the Art 

Mass transfer and reaction kinetics play a key role in developing high performance microfluidic 

detection system for life sciences and medical diagnosis. Most of these microfluidic devices rely 

on recognition–binding event most typically antigen-antibody and are used for detecting disease 

markers [150], drug screening [151], protein characterization [152], and DNA detection[153]. 

The fluid containing the target antigen flows through the microfluidic channels and is brought in 

contact with the surface bound complementary antibody. The antigen-antibody complex is 

detected and quantified either by using fluorescent techniques [154, 155] or surface plasmon 

resonance [156, 157] or by electrochemical methods [158, 159]. In the past, several bioassays 

have been developed on a microfluidic platform [49, 161, 217] in order to provide sensitive, 

selective, and rapid detection of biomolecules. The small length scales and the flow conditions 

often used in these microfluidic devices lead to low Reynold‘s numbers ( /uLR  where u  is 

the velocity of fluid, L is the length of microchannel and   is the kinematic viscosity), which is 

normally less than 1. Therefore, molecular diffusion becomes the only method to deliver antigen 

to the surface bound antibodies, as such, the binding reaction is limited by mass transport [218].  

Moreover, the diffusivity of biomolecules such as DNA, protein, cells etc is of the order of 10
-11

 

–10
-14

 m
2
/s and their corresponding time to diffuse a distance of 100 µm is approximately 10

3
 – 

10
6 

seconds, which is significantly long so greater channel length would be required to bring 

different biomolecules together through pure diffusion. In order to overcome the mass transport 

limitations researchers in the past have adopted several mechanical and physical strategies for 

replenishing the target antigen to the sensor surface. It was also demonstrated in the past that the 

integration of active and passive micromixers [69, 98, 99] considerably improved the biosensor 
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performance. Several other strategies such as periodic pulsing in serpentine channels [219] and 

bubble-based mixing [220] also showed significant improvement. While these approaches 

efficiently improved the mixing performance, complicated design and high fabrication cost are 

required, thus limiting its usage in applications that are driven by cost and time. Other passive 

schemes based on decreasing the diffusion length [72] by using narrow channels and creating 

consecutive splitting and recombining scheme[221] have also shown great potential but 

limitation with these passive configurations is the clogging of narrow channel in a high 

throughput application. Recently, magnetic micro/nanoparticles have been widely used as signal 

reporters to detect various biomolecules [158] such as pathogenic bacteria [162], human allergen 

[163], and to facilitate location of cancerous cells [164]. There have been promising 

developments [54-56] made in last few years in the detection of magnetic particles based on 

giant magnetoresisitive sensor (GMR). Highly sensitive detection close to single magnetic 

particle is possible [222], if a particle is in close proximity and as long as all system dimensions 

including particle size and position, sensor area are scaled down proportionally[37, 54]. There 

are relatively no efforts adopted where magnetic nanoparticles are employed to enhance the 

chemical sensitivity of surface binding reaction in a flow-through system. The ability to 

manipulate magnetic nanoparticles externally using magnetism over the section of microchannel 

provides the motivation of enhanced reaction rate. The target bio-molecule labeled with MNPs 

can be attracted towards the binding surface using the magnetic force, resulting in reduced 

diffusion times and increased recognition binding, which is beneficial for higher signal and better 

sensitivity. In addition, magnetic nanoparticles possess several advantages such as stability over 

time, high surface to volume ratio for chemical binding, minimum disturbance caused by the 

attached biomolecules because of their extremely small size, and moreover they are 
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superparamagnetic, i.e., their magnetization without a magnetic field is zero [37, 61]. Overall, 

magnetic nanoparticles provide a simple solution for rapid and enhanced biosensing on a 

microfluidic format since no complicated microfabrication is required to define geometrical 

constrictions for reducing diffusion barriers. It is important to recognize that design of 

microfluidic detection system is a truly multidisciplinary, multiphysics, and multiscale 

engineering problem that involves convection, diffusion and binding reaction. Therefore, in order 

to study the interaction between these complex phenomena and propose optimized design 

parameters for development of efficient microfluidic devices, several computational studies [65, 

223-227] have been reported. While these strategies considerably improved the reaction kinetics 

but often involved optimizing the design of the channel or the shape of the sensing area which 

can consequently impose high fabrication cost due to complicated geometry. In this work we 

present simpler and novel approach based on magnetic nanoparticles to improve the performance 

of surface-based bioassay. In order to enhance the diffusional transport, the target antigens are 

tagged with magnetic nanoparticles and then focused and directed towards the sensing zone by 

using magnetic field force. This causes more interaction of antigens and surface-bound 

antibodies resulting in increased binding and consequently enhancement in binding kinetics. In 

order to quantify the effect of convection, diffusion, and magnetic field on the surface binding 

kinetics and consequently help in designing, optimizing and developing sensitive surface-based 

microfludic biosensor that addresses the need for faster bio-assays, a finite element ―numerical 

prototype‖ is developed. The simulation performed using the developed model at the concept 

stage will provide an excellent estimate of the potential to use magnetic nanoparticles for rapid 

surface-based bioassays.  
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3.3.2 Model Development 

This work demonstrates a magnetic nanoparticles-based approach that can be exploited to 

enhance the performance of recognition-binding event in a microfluidic detection system. The 

theoretical model developed here predicts the bulk transport of antigen tagged with magnetic 

nanoparticles (MNPs) and predicts the association profile of a binding event between bulk 

antigen and surface immobilized antibody in the capture area, also called as sensing zone. The 

numerical scheme was setup on the basis of the reported experimental configurations [223, 225] 

in which the sample to be analyzed is directed to the sensing area by convective flow and then 

finally to the binding site by diffusion. In this study a single microchannel with the capture area 

is considered. A schematic representation of the microfluidic channel and integrated sensing 

surface, along with corresponding co-ordinates and dimensions, is given in Figure 3.24. The 

microchannel considered for simulation is 20 µm deep and 200 µm long with a sensing zone 30 

µm long located at the center of the microchannel. The capture area present in the microchannel 

is immobilized with surface bound antibodies of a given surface density. It is assumed in the 

model that the antigen will not be lost by sticking to the walls elsewhere other than at the capture 

site because the walls are considered to be treated with protein-repellent reagent. The target 

antigens are combined with functionalized MNPs according to the reaction shown in Fig. 1(b), 

providing a magnetic identity to the target which can be manipulated using a magnetic field 

generated due to electric wires present in the vicinity of the capture area around the 

microchannel.  
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Figure 3.24 Schematic representation of the numerical setup. (a) Simplified cross-sectional scheme of magnetically 

functionalized antigen capture due to surface bound antibody in a microfluidic biosensor. The liquid enters from the 

left and flows under laminar conditions. The antigen is allowed to diffuse in all the direction. Wall elements other 

than capture area are protected against unspecific binding and in simulation are considered perfect. (b) Schematic of 

surface binding reaction on the capture area, where the magnetically labeled antigen, C binds to the immobilized 

antibody, RT forming the antigen-antibody complex, B. (c)Dimensions of the microfluidic channel used in the 

simulation with the position of electric wire for magnetic field force generation. 

 

The magnetic nanoparticles (MNPs) together with target antigen experience attractive magnetic 

force which pulls the target antigen towards the capture site as such more interaction of antigen 

and surface-bound antibodies occurs, resulting in enhancement of binding event. The model 

geometry shown in Figure 3.24c is simplified into a two dimensional problem by focusing on the 

axial cross-section of the microchannel. Although a full three dimensional simulation would be 

more accurate, the qualitative trend would be the same. In all the simulations, it is considered 

that antigen-MNP complex solution flows into the microchannel at a constant flow velocity. The 

flow of an aqueous solution of antigen-MNP complex inside a small channel is laminar and for 

the model a parabolic flow profile is considered. The antigen-MNP complex is transported by 

convective flow towards the sensing zone and is free to diffuse in order to bind with surface 

immobilized antibody which is accounted by applying a ligand-receptor model for quantifying 

association and dissociation events. In order to quantify the sensing performance of biosensor, 
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we define equilibrium time, the time when 90% of the target antigen complex gets bounded with 

surface immobilized antibodies. This time is predicted for different conditions of magnetic field 

and non-magnetic field influenced binding events and an optimized configuration is proposed for 

enhancing the performance and ultimately improving the efficiency of microfluidic biosensor-

based molecular detection. The binding kinetics, magnetic field effect and the convection-

diffusion model is described in more detail in the following. 

3.3.2.1 Fluid Flow Equation 

The magnetic nanoparticle of 50 nm diameter is assumed to be tagged with target antigens which 

are dispersed in the fluid of viscosity   ( smkg  /10 3
) and density   (

33 /10 mkg ) equal to that 

of water. The aqueous solution of antigen-MNPs is given a parabolic velocity at the entrance of 

the channel. It is assumed that the particles move with constant velocity and the early 

acceleration phase of antigen-MNP complex within the fluid is neglected. This approximation is 

based on the fact that the time constant for acceleration phase is too small for the scale of 

geometry and the size of particles used in the simulation, therefore it can be neglected and the 

liquid solution can be treated as continuum in the model.  The magnetic force due to external 

magnetic field acting on the antigen-MNP complex transfers momentum to the surrounding fluid 

thereby changing the flow profile. The flow velocity 𝑢 for this incompressible fluid ( 0 u ) is 

described using Navier-Stokes equation, 

  VolFupuu
t

u




 2                                                                                      (3.32) 

Where, 𝑢 is the carrier fluid velocity field ( sm/ ), p is the pressure ( 2/mN ), and VolF  is the 

volume force ( 3/mN ). The momentum transfer from MNPs to the fluid is incorporated by 

setting the volume force  mVol FF 
 
term equal to the magnetic force acting on a single MNP 
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multiplied with MNP number density,  , which is the number of MNP per unit volume. This 

term is very important because it couples the fluid flow equation with the static magnetic field 

equation. The magnetic force is proportional to the magnetic field, magnetic field gradient, 

magnetic susceptibility of nanoparticles and the fluid, and the volume of nanoparticles. It is 

assumed that volume does not change much when the nanoparticles are functionalized with 

antigens. Moreover, It was assumed in the model that the density of magnetic nanoparticle is low 

in the incoming suspension, therefore particle-particle interaction (for e.g.: due to Van der Waals 

forces) will be negligible. This assumption is based on the experimental work performed by Choi 

et al.[228]. Similarly, due to extremely small size of incoming magnetic nanoparticle tagged 

antigen (~ 50 nm) the sedimentation effects will have negligible influence on the overall mass 

transport. The magneto-static equation used in the model is described in more detail in the 

following section.
 

3.3.2.1.1 Boundary Conditions 

The flow of fluid with antigen-MNP complex is assumed to be parabolic at the inlet of the 

microchannel, and moves in the direction of x-axis with zero velocity in y-direction. The average 

flow velocity of the fluid with magnetic nanoparticle was 0u . No slip condition was applied 

along the walls of microfluidic system and at the outlet, pressure condition is set equal to zero. 

3.3.2.2 Magneto-static Equation 

It is assumed that the magnetic field is governed by magneto-statistics and the static magnetic 

field is described using Maxwell-Ampere‘s law given by; 

JH                                                                                                                                  (3.33) 

Where H is the magnetic field vector ( mA / ) and J  is the current density vector ( 2/ mA ), 

According to Gauss law for magnetic flux density, B ( 2/ mVs )  
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0 B                                                                                                                                    (3.34) 

In order to describe a relation between B  and H  a constitutive relation given by the following 

equation is used in the model. 

)( MHB                                                                                                                            (3.35) 

Where,   is the magnetic permeability and M  is the magnetization vector. The magnetic 

permeability can also be expressed as r0  where r  is the relative permeability of wire (=1) 

and is assumed to be constant in all the simulations and 0  is the permeability in vacuum (

27

0 /104 AN  ). In order to solve Maxwell equations, the two first order partial 

differential equations given by Eq. 3.34 and 3.35 are converted into a single second-order partial 

differential equation involving only one field variable called magnetic vector potential A . The 

magnetic flux density 𝐵 is represented by curl of the magnetic vector potential A  according to 

the following equations 

0;  ABA                                                                                                                  (3.36) 

After substitution of Eq. 3.36 in equations Eq. 3.33, 3.34, and 3.35, the following vector equation 

is obtained; 

JMA
r













0

1
                                                                                                     (3.37) 

It is assumed that the magnetic vector potential has a nonzero component only perpendicular to 

the plane zA  which basically simplifies the 2D; the externally applied current density J was 

calculated for a wire diameter of 5μm carrying 1A surface current throughout the simulation.  

The above equations are solved in magnetostatic module of COMSOL Multiphysics software 

(COMSOL AB., Stockholm, Sweden). The force on antigen-MNP complex is assumed to be 

equivalent to the force acting on spherical magnetic nanoparticle having a point-like dipole 
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moment. The force acting on dilute suspension of magnetic nanoparticles is described using the 

following equation given in literature [61]. 

 BB
V

Fm







0


                                                                                                         (3.38) 

Where, V is the volume of nanoparticles, ∆χ  is the difference in magnetic susceptibility of the 

nanoparticle and the fluid which is kept constant throughout the simulation, and B


 is the 

magnetic flux density obtained after solving Eq.3.37, The force obtained from Eq.3.38 is 

substituted in Eq.3.32 in order to obtain velocity profile of antigen-MNP complex suspension. 

3.3.2.2.1 Boundary Conditions 

A magnetic insulation boundary condition )0( zA is applied along the system boundary. The 

interior boundaries between the wires and the air only assume continuity, corresponding to a 

homogeneous Neumann condition. 

3.3.2.3 Convection-Diffusion Equation 

The spatial and temporal variation of the antigen-MNP complex inside the microfluidic channel 

is described using the following convection-diffusion equation 

CDCu
t

C 2



                                                                                                               (3.39) 

Where, u  is the velocity field ( sm / ) obtained from the Navier-Stokes equation, C  is the bulk 

concentration ( 3/ mmol ) of antigen-MNP complex in a given solution, and D  is the diffusion 

coefficient ( sm /2 ) of the solute which is assumed to be constant throughout the simulation. 
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3.3.2.3.1 Boundary Conditions 

An initial concentration 0C  of antigen-MNP complex is given at the inlet boundary and 

convective flux was set at the outlet boundary, keeping insulation/symmetry in all the other 

boundaries. 

3.3.2.4 Binding Kinetics Equation 

The binding reaction at the capture site between the antigens tagged with magnetic nanoparticles 

C  ( 3/ mmol ) and the immobilized antibody TR ( 2/ mmol ) is schematically shown in Figure 

3.24b and can be described by following reversible surface reaction; 

BRC
offon kk

T

/

                                   (3.40) 

BkBRCk
t

B
offTon 




)(                                                                                                       (3.41) 

Where, B  is the bound antigen-antibody complex ( 2/ mmol ), onk  is the association rate constant 

( 11  sM ), and 
offk is the dissociation rate constant ( 1s ). Effect of association and dissociation 

rate constant on the binding kinetics was investigated by keeping the same affinity constant and 

results obtained are described in more detail in the later section. 

3.3.2.5 Ideal case 

Analytical solution can be obtained for the given mathematical problem in an ideal case, where 

there is no transport or diffusion limitation. It can be considered that the target antigen-MNP 

complex concentration is constant and in excess as compared to the number of immobilized 

antibodies inside the microfluidic channel. Therefore, we can assume it to be 0C  ( 3/ mmol ).The 

rate of formation antigen-antibody complex is given by Eq.3.41. If there is no bound complex 

initially, the analytical solution of given partial differentiation equation becomes; 
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Where, 
offon kCk 


0

1
            (3.43) 

Therefore, the fraction of bound antigen-antibody complex will only be a function of rates 

constant onk ,
offk  and initial antigen concentration 0C , and is 
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This equation is the ―upper bound‖ and corresponds to the fastest binding event between antigen 

and antibody. Convection and diffusion effects tend to slow down the kinetics. In addition, the 

equilibrium can be calculated from Eq. 3.44 which is obtained when the time is put infinity and 

the fraction of bound complex will be; 

on
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0

0                          (3.45) 

Eq.3.45 is used to calculate the fraction of bound complex when both convection and diffusion 

are present. 

3.3.2.6 Numerical Simulation 

The finite element software package, COMSOL
TM

 Multiphysics (COMSOL AB., Stockholm, 

Sweden) is used to numerically solve the two-dimensional partial differential equations 

described in the model above. The model consists of four application modes: incompressible 

Navier-Stokes mode and magnetostatics mode to predict the convective velocity of antigen-MNP 

solution with and without the influence of magnetic field force, a convection-diffusion mode to 
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predict the bulk concentration of antigen-MNP complex within the microchannel, and a one 

dimensional geometry is defined under diffusion mode to predict the bound surface 

concentration of antigen-antibody complex. The meshing around the geometry is around 5 μm 

except near the sensing surface which was 1 μm in order to get more precise results. The model 

is solved in two steps using two different solvers. The magnetic fields are first solved using the 

non-linear solver and then Navier-Stokes and convection-diffusion equations are solved 

simultaneously with a time-dependent solver. The model predicts the bound antigen-antibody 

complex and association profile for different sets of conditions. The fraction of bound complex is 

obtained for different conditions by dividing the bound complex concentration with equilibrium 

concentration for ―ideal case‖ as defined in the above section.  

3.3.3 Results & Discussions 

3.3.3.1 Validation of Numerical Model 

The model developed in this work is based on coupling of mass transport with the surface 

binding reversible reaction. In order to compare the analytical results described in literature [229, 

230] we assumed in our model that the reaction kinetics is irreversible and infinitely fast. The 

diffusivity of 10
-11

 m
2
/s and inlet MNP complex concentration of 10nM was kept constant 

throughout. It was found (see Figure 3.25) that the numerical results seems to agree very well 

with analytical results for hemicylinder reaction surface in the microchannel but for flat surface 

numerical solution gave higher values of total flux.  
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Figure 3.25 Variation of total flux with change in flow velocity. Solid line represents analytical results by using 

expression from Sheehan et al.[230], while dash and dash-dot lines represent numerical results for hemicylinder and 

flat reaction surface respectively. 

 

This is true because the flat surface(W= m30 ) did not alter the velocity profile of incoming 

targets and offered more surfaces for binding reaction, whereas hemicylinder surface (

mRRW  10,  ) altered the velocity profile for the given dimension of the 

microchannel(height=20,width=20,and length=200 m )and consequently due to altered velocity 

it offered fewer surfaces for binding. Overall, the trend of total flux obtained for a steady state 

agree very well and increases with incoming flow velocity. The numerical model also gave 

comparable results with numerical models given in the literature [225, 226, 231] for incoming 

antigen-MNP complex in the microchannel without magnetic field effect.  



140 
 

3.3.3.2 Parametric Analysis 

The model is further used to evaluate the influence of key parameters on the performance of 

surface kinetics-based flow through biosensors. The affinity constant, aK  (
offon kk / ) between 

the target antigen and immobilized antibody plays an important role on the performance of a 

biosensor. Therefore, the effect of surface binding reaction constant on the detection 

performance is investigated for a 120-seconds-long capture step.  

 

Figure 3.26 Effect of association rate constant (a), inlet concentration of antigen (b), and immobilized antibody 

density (c) on the concentration of bound complex B. Dash line represent the reference point. Solid and dotted lines 

represent a 10-fold increase and decrease in parameters respectively. 
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The association rate constant, 𝑘𝑜𝑛  is changed from 10
2
 to 10

4
 ( 11  sM ) with 10

3
 ( 11  sM ) 

chosen as reference point as shown in Figure 3.26a. The affinity constant, aK is kept constant at 

10
8 1M  throughout the simulations and is comparable to the values reported in literature [65, 

232, 233]. It is observed that the bound complex concentration, B  increased by a factor of 1.1X 

and decreased by 2.0X when association rate constant is increased and decreased respectively by 

an order of 10 around the reference point. This suggests that the association rate at lower onk is 

less diffusion limited.  The effect of inlet concentration of antigen tagged with magnetic 

nanoparticle and antibody surface density on bound complex concentration is also investigated 

and shown in Figure 3.26b-c. We observed that when the inlet concentration is increased or 

decreased by an order of 10, there is linear increase or decrease of bound complex concentration. 

This trend is not observed when antibody density is changed around the reference point; instead 

there is smaller increase and larger decrease in bound complex concentration. This suggests that 

the antigens are deficient or limiting for the surface reaction of antigen and antibody in a 

microfluidic channel. Therefore in order to enhance the surface reaction and consequently reduce 

the detection time of microfluidic biochip, it is important to maximize the mass transport of 

antigen in the vicinity of the reactive surface. Similar trend was observed by Friedrich et al. 

[226] where only 10% of the target molecule reaches the sensor surface in order to bind to 

recognition molecule. This means that majority of the target antigens will flow without 

interacting with the surface-bound antibodies and the molecules that reach the surface due to 

high affinity will bind instantaneously. Therefore, in order to alleviate this problem, strategy 

based on increasing the mass transfer in a microchannel and consequently enhancing the surface 

kinetics is highly desirable. 
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3.3.3.3 Influence of Convection and Diffusion  

The velocity of fluid entering the microchannel and the diffusion constant of the target antigens 

are important in optimizing the mass transport. For most of the practical microfluidic biochips 

the diffusion coefficients fall in the transport limited regime. Therefore, in order to investigate 

the effect of diffusivity on the formation of antigen-antibody MNP complex, diffusion 

coefficient was varied keeping all other parameters constants  and the simulated results at t=100s 

is presented in Figure 3.27. 

 

Figure 3.27 Effect of diffusivity on the formation of Ag-Ab complex at t=100s.Grey dash line represents the 

boundary between transport and reaction-limited region. (Parameters: u0= 10 μm/s, c0=10nM, RT=10
-

8
mol/m

2
,kon=10

3
m

3
/mol.s, and koff=10

-2
 s

-1
). 
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 It was found that for low values of diffusivity (< 10
-10

 m
2
/s) the detection performance is limited 

by transport process, whereas at higher values the performance is dictated by reaction kinetics. 

For the conditions used in this work (diffusion coefficient ~10
-11

 m
2
/s and inlet velocity (~ 10

sm / ) and also in typical protein detection system [234] the sensing performance of the device 

fall in transport-limited regime. Therefore, increasing the mass transport is the key for enhancing 

the detection time of these devices which is also consistent with the results obtained in literature 

[226, 231]. This was further illustrated by comparing the Damkohler number. The Damkohler 

number ( DHRkDa ton / ), where H is the characteristic length equal to half the channel height, 

relates the rate of transport to target antigen on the surface to the rate of antigen-antibody 

binding. For 1Da  , the rate of binding is much slower than diffusion and the system is said to 

be reaction limited, while for 1Da  the diffusion is much slower than the rate of reaction and 

the system is diffusion limited. The Da  for sensing condition used in this work is about 10 

(>>1), indicating that the binding of antigen-antibody complex is limited by diffusion. 

 

Figure 3.28 Effect of inlet flow velocity on the reaction kinetics of formation of antigen-antibody complex at the 

surface of microchannel. (Parameters: c0=10nM, RT=10
-8

mol/m
2
, D=10

-11
 m

2
/s, kon=10

3
m

3
/mol.s, and koff=10

-2
 s

-1
). 
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Furthermore, mass transport can also be increased by increasing the flow velocity of the 

incoming sample. In order to investigate the variation of inlet flow velocity on the formation of 

antigen-antibody MNP complex, inlet velocity was varied keeping all other parameters constants 

and the simulated results is presented in Figure 3.28. It can be seen that at low inlet velocity (~ 

0.1 sm / ), it takes longer time for the surface reaction to reach equilibrium because of 

insufficient mass transport of the target antigen towards the binding surface. Furthermore, as the 

inlet velocity is increased, it takes shorter time to reach equilibrium. However, further 

enhancement of time to reach equilibrium is less pronounced at very high inlet velocity (e.g.,

smu /103

0  ) as shown in Figure 3.28 and the reaction-limited region is reached [225]. The 

relative rate of the convective transport was compared with diffusional transport by non-

dimensional shear Peclet number ( )/2

0 HDLuPes  , where L is the length of sensing surface. 

The sPe  number for current system (diffusion coefficient =10
-11

 m
2
/s and inlet velocity= 10

sm / ) is around 90, which implies that the diffusion of target molecule is slower than the 

convective transport. This further confirms that increasing the diffusional transport is the key for 

improving the sensing performance of these devices, findings that were consistent with the result 

described by Kim et al.[231]. 

3.3.3.4 Magnetic Nanoparticle Enhanced Reaction Kinetics 

In order to increase the diffusion or refresh the consumed target molecule near the reactive 

surface we proposed a novel method of tagging antigens with magnetic nanoparticles and then 

using magnetic field near the sensing zone to attract antigens towards surface-bound antibodies. 

The magnetic nanoparticle will experience magnetic force which will attract them towards higher 

magnetic field gradient. This will also bring more antigens near the surface of reaction causing 

more formation of bound complex at faster rate. The magnetic field was generated using 
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different combination of four wires carrying 1A current each near the vicinity of the sensing 

surface inside the microchannel.  

 

Figure 3.29 Effect of six different configuration of magnetic field on the reaction kinetics of magnetic nanoparticle 

tagged antigen-antibody complex at the surface of microchannel. Dash line represents (―upper bound‖) and 

corresponds to analytical solution without mass transfer. Solid lines represent kinetic profiles when there is mass 

transfer with magnetic field effect and dotted line represent (―lower bound‖) and correspond to scenario when there 

is mass transfer as well as reaction kinetics but no magnetic field. Schematic representations of six different cases of 

circular current carrying wires near the channel are also shown. X and dot represent current into and out of the 

plane. 
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Several combination of current in four wires could be possible but we investigated the six most 

feasible combinations in the simulations. The diffusion coefficient, D (10
-11

 m
2
/s) and inlet 

velocity, 0u (10 μm/s) was kept constant throughout the simulations. Figure 3.29 shows the effect 

of different combination of magnetic field on the detection performance of the microfluidic 

system. The detection time was assumed to be taken at 90% of equilibrium value (grey dash-

dotted line in Figure 3.29) of bound molecules. The most ideal scenario is the ―upper bound‖ and 

corresponds to the fastest binding event between antigen and antibody. Convection and diffusion 

effects tend to slow down the kinetics. The analytical expression given by Eq. 3.44 is used to 

calculate the ―upper bound‖ kinetic curves and corresponds to the ideal case. The ―lower bound‖ 

kinetic curves correspond to reaction rate with mass transport and no magnetic field effect is 

compared with the kinetic profiles that are obtained when magnetic field is used. In Figure 3.29, 

schematic representations of six different combinations of circular current carrying wires near 

the channel are also shown. The wires with cross and dot sign indicates the direction of current 

which is in and out of the wires respectively. The wire without any sign indicates that there is no 

current. It is observed that magnetic field enhances the reaction kinetics when magnetic 

nanoparticles are tagged with antigens and magnetic force is used. Under, ―lower bound‖ 

scenario, there is no antigen focusing on sensor area due to magnetic force acting on antigen-

MNP complex, chemical binding locally depletes the suspended antigen concentration in the 

microchannel. Because convection and diffusion are the only transport mechanism, the depleted 

region surrounding the reactive surface increases with time and reduces the rate of antigen-

antibody binding. On contrary, when magnetic field is applied, the antigen-MNP complex 

experience magnetic force and are pulled towards the surface bound antibodies, which causes 

circulation that redistributes the depleted concentration throughout the domain. The immobilized 
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antibodies effectively see higher suspended antigen concentration, resulting in a higher binding 

rate. It can be also seen from Figure 3.29 that, Case 3 and 6 under magnetic field configuration 

decreased the detection time by almost 42% and 44% respectively. It‘s worthwhile to note that 

Case 5 and Case 6 are symmetrical with respect to magnitude of magnetic field (magnetic field 

gradient) but it‘s the direction which plays a critical role in enhancing the sensing performance.  

For Case 5, the direction of magnetic field is away from sensing surface therefore it tends to 

bring smaller amount of target antigen-MNP towards surface for binding as compared with Case 

6 where magnetic field is directed towards the sensing surface and brings more target to the 

surface and overall enhance the performance. Case 3 was chosen as the most optimized 

configuration because it utilizes only two wires which means less power requirement for sensing 

as compared to four wires in Case 6. 

 

Figure 3.30 Snapshots of microchannel taken at different times with (left) and without (right) magnetic field effect 

on the concentration on target antigen. White dash line indicates the sensing zone and black solid line shows the 

position of binding surface in the microchannel. A streamline plot at t=100s shows the velocity field with (left) and 

without (right) magnetic field effect. Magnetic field effect causes circulation near the sensing surface (left). 
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The results obtained above shows that magnetic field enhances the binding kinetics by focusing 

target antigen in the sensing zone. This is further illustrated in Figure 3.30 where Case 3 

configuration is used to cause magnetic field in the sensing zone. The antigen-MNP complex is 

introduced as a ―burst‖ of concentration (c0=10nM) for 0.5 seconds and then its supply is 

stopped. The journey of the antigen-MNP complex is studied inside the channel. It is observed 

that magnetic force seems to focus antigen-MNP complex on the reactive surface and retain it in 

the microchannel for longer duration when compared with the scenario when there is no 

magnetic field. It is further observed from Figure 3.30 that there is more concentration of target 

antigen near the sensing zone even after 30s in the microchannels with the magnetic field as 

compared to microchannels without magnetic field. Therefore, there is more focusing or more 

supply of antigen towards the sensing surface which resulted in overall enhancement of the rate 

of surface reaction. This is further proved quantitatively in Figure 3.31.  

 

Figure 3.31(a) Outlet concentration of target antigen tagged with magnetic nanoparticles as a function of time, (b) 

binding concentration of antigen-antibody complex on the sensing surface as a function of time. Solid line represents 

when there was no magnetic field near the sensing zone whereas dashed line represents when there was the magnetic 

field. 
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It is clearly seen that there is 36 % reduction in the outlet concentration of target antigen-MNP 

complex as shown in Figure 3.31a when magnetic field is used. This clearly demonstrates that 

the binding concentration is almost two-fold higher (see Figure 3.31b) when magnetic field is 

used and illustrates that magnetic nanoparticle under the influence of magnetic field causes more 

mixing, focusing and provides enhanced binding of target antigen with the surface bound 

antibodies. 

3.3.3.5 Influence of Magnetic Nanoparticle size and Diffusivity on magnetically enhanced 

binding 

In order to account for change in magnetically enhanced binding due to variation in magnetic 

nanoparticle size and diffusivity two sets of simulation were performed keeping all other 

parameters(
1233

00 10;./10;10;/10  sksmolmknMcsmu offon ) constant throughout. 

In the first set of simulations magnetic nanoparticle diameter was varied from 10nm to 250nm 

whereas the diffusivity was assumed to vary slightly and was kept constant at 10
-11

 m
2
/s, for 

second set of simulations, nanoparticle diameter was kept constant at 50nm whereas diffusivity 

was varied in between 10
-13

-10
-9

 m
2
/s. The results of these simulations are given in Figure 3.32 

where the time to reach 90% of binding (t90) was evaluated for different values of diffusivity and 

nanoparticle diameter. It was observed that as the nanoparticle size was increased, the time to 

reach 90% binding initially decreased but later started increasing for nanoparticle size of more 

than  100nm.Therefore, nanoparticle size between 50-100 nm were identified as the most 

optimum for the simulated system that gave the least amount of time to reach 90% binding. This 

can be explained in terms of forces, magnetic force due to magnetic field and drag force due to 

fluid flow, acting on magnetic nanoparticles in the microchannel. As the diameter of magnetic 

nanoparticles increases, the magnetic force acting on nanoparticles also increases and bring more 
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magnetic nanoparticle tagged antigen towards sensing surface whereas we also know that drag 

force due to fluid flow is also propotional to the size of particles and also increases. 

 

Figure 3.32 Variation of binding time (t90, time at 90% binding) with change in nanoparticle size and diffusivity. 

These values were comparable to the values used in literature [65, 232-234] for similar systems. 

 

When the size of nanoparticle is below 100 nm, drag forces are smaller and do not influence path 

of magnetic nanoparticle tagged antigen whereas when the size increase beyond 100nm the drag 

forces influences the profile and sweeps away more target antigen from the surface and 

consequently results in higher 90% binding time. In the second set of simulation, the 

nanoparticle size was kept constant at 50nm and diffusivity was varied, it can be observed from 
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Figure 3.32 that 90% binding time decrease with increasing the diffusivity but reaches a 

saturation beyond which there is no influence of diffusivity or we can say that the system has 

entered the reaction limited regime in which increasing the mass transfer would have no affect 

on binding reaction. A diffusion coefficient around 10
-11

 m
2
/s and nanoparticle size of 50nm was 

identified as the optimum values for this particular system which enhanced the magnetically 

driven binding kinetics. 

3.3.3.6 Comparison of Magnetic Force and Passive Mixing based Strategies 

We further investigate and compare passive mixing method with the magnetic nanoparticle 

enhanced reaction kinetics as shown in Figure 3.33. For passive mixing we add a bluff body 

(Figure 3.33b) to the top of channel. This is done to reduce the diffusion length and provide 

better contact between the target antigen and surface bound antibody. The binding concentration 

of antigen-antibody complex is predicted for three different scenarios including standard straight 

microchannel without magnetic field and bluff body, microchannel with bluff body, and 

microchannel with magnetic field effect. Even though passive method enhanced the binding 

kinetics and reduced the detection time by 7%, it can be seen that magnetic nanoparticle provides 

better enhancement of binding kinetics and resulted in almost 35% more reduction in detection 

time when compared with passive mixing. The numerical simulations results reported here 

indicate that magnetic nanoparticle-based strategy can be a useful technique for increasing 

binding rates in heterogeneous assays, particularly for diffusion-limited reactions and can be 

used for developing rapid and sensitive microfluidic biosensors.  
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Figure 3.33 Binding concentration of antigen-antibody complex on the sensing surface as a function of time. Three 

different scenarios (a) straight channel without magnetic field, (b) channel with bluff body on the top without the 

magnetic field, and (c) straight channel with the magnetic field are shown. The target antigen concentration profile is 

also shown inside the channel for all the three scenarios. 

 

3.3.4 Conclusion 

A finite element mathematical model for demonstrating magnetic nanoparticle-based generic 

strategy for enhancing the performance of surface-based bio-assay on a microfludic platform was 

successfully developed. The effect of convection, diffusion, binding reaction, and magnetic field 

on the binding kinetics of surface-based antigen-antibody reaction was studied. The detection 

time was found more sensitive to diffusion process and in order to maximize local concentration 

of antigen, it was tagged with magnetic nanoparticles and then focused on sensing site by 

magnetic force. Different configurations of magnetic field around the microchannel were 

simulated and the most optimized configuration was predicted. Furthermore, it was quantified 
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that the detection time was reduced by almost 42% when magnetic nanoparticle were combined 

with target antigens. This also resulted in more efficient binding between antigen and antibody 

when compared with physical enhancement methods. Overall, the simulation performed using 

the developed ―numerical prototype‖ provided an excellent estimate of the potential to use 

magnetic nanoparticles for designing and developing faster integrated surface-based biosensors 

and biochips for detecting biomolecules.  
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3.4 Magnetically actuated scheme for tagging biomolecules with magnetic nanoparticles in 

a microfluidic system 

 

3.4.1 State of the Art 

Microfluidics combined with nanotechnology has played a major role in developing micro-total-

analysis-systems (μTAS) or lab-on-a-chip systems. The idea is to bring chemical or biological 

analysis from laboratories to microchips. These miniaturized systems have found profound great 

application in medical diagnostics, chemical and biological analysis, forensic analysis and even 

immunoassays and toxicity monitoring [4, 5, 172, 187, 188, 235, 236]. Miniaturization has 

offered numerous advantages including shorter analysis times, reduced sample and reagent 

volume, as well as high selectivity and sensitivity[237]. Recently, functionalized magnetic 

micro/nanoparticles[37, 61] are advantageously combined with microfluidics for separation and 

detection of biomolecules [45, 60], immunoassay of proteins [48, 172], purification of DNA [31, 

50], and cell separation [52, 53, 238]. These devices are based on a very simple principle of 

isolating biomolecules of interest from the bulk mixture by attaching them to small magnetic 

micro/nanoparticles and then steering it by using an external magnetic field [29, 207]. Numerous 

microfluidic systems based on magnetic isolation techniques have been developed in the last few 

years [36, 45, 48, 50, 172, 176, 178, 239]. The combination of magnetic micro/nano particles 

together with microfluidic has offered added significant benefits [29, 37, 61] such as, easy 

implementation and automation, higher surface to volume ratio for chemical binding, 

superparamagnetic nature i.e., zero magnetization in absence of magnetic field helps them to stay 

suspended in carrier liquid without agglomerating, and no harmful effect on internal solution 

containing biomolecules. However, prior to separation and detection analysis, the biomolecules 

should be tagged with magnetic nanoparticles using specific antigen-antibody chemistry [157, 
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184, 240] in-situ before realizing its advantages in a lab-on-a-chip system typically developed for 

point-of-care analysis. Most of the microfluidic systems developed so far were based on tagging 

process done in laboratory settings before putting the samples on microfluidic devices. Tagging 

involves bulk phase reaction between MNPs and biomolecules which greatly depends on the 

quality of mixing. Due to extremely small channel size the tagging process on chip is quite 

challenging, mostly due to the flow regimes that are typically laminar. This results in diffusion 

being the rate limiting process and overall affects mixing, reaction rates, biomolecule 

accumulation times and ultimately, separation or detection sensitivities of these devices. 

Moreover, enormous time is needed for the biomolecules to be thoroughly mixed and combined 

with MNPs for further application on chips. Numerous external/internal actuation strategies have 

been designed in order to enhance the mixing either in an actively or passively. Some of them 

include splitting and injecting of fluid flows[84], disturbing the fluid flows with microchannel 

structures [99] and confining the species in droplets [18, 87, 91, 104, 105]. Other active methods 

are by inducing external energies including mechanical [104, 105], electrical [113-115, 118, 189, 

197], acoustic[200], ultrasonic [111] or thermal [201] in the microchannel flow.  Although these 

methods have produced excellent results but often require complicated fabrication protocols or 

energies that can potentially damage cell, biomolecules or DNA[202]. 

To circumvent this problem, magnetic nanoparticles together with local alternating magnetic 

field can be used in the microfluidic channels. This novel strategy can produce enhanced mixing 

which is simple and can be easily integrated on lab-on-a-chip devices for tagging biomolecules 

of interest with magnetic particles for further processing. However, a more quantitative 

understanding of the dynamics and kinetics involved is this process is required which will also 

play a key role in optimizing, designing, and finally fabricating devices that are based on 



156 
 

magnetic particle actuation. Several groups have reported both numerical and analytical models 

[138, 209-211, 213] on the motion of magnetic particles in microfluidic systems though useful 

these studies did not take into account the multiphysics approach, where magnetic field, fluid 

flow, mass transfer, and reaction kinetics were considered together to simulate the tagging 

process. Moreover, these studies focused on microparticles or microbeads and were confined to 

only simple magnetic field configurations without a detailed analysis and optimization strategies. 

Therefore, in this work a finite-element COMSOL based multi-physics model is developed to 

investigate a wide range of design parameters involved in the development of novel time-

dependent magnetically actuated tagging process on chip. The model takes into account coupling 

of magnetic nanoparticle transport in the presence of magnetic field with reaction kinetics of 

tagging process. It is demonstrated that a time-dependent magnetic body forces are produced due 

to the electrodes embedded in the device substrate beneath the microchannel. These forces 

disturbs the MNPs flow regime causing agitation in the surrounding fluid that otherwise follow 

laminar profile and overall speeds up the reaction kinetics of the tagging process. This strategy is 

easy to implement and can be integrated on a lab-on-a-chip system especially for point-of-care 

analysis. The model was employed to quantitatively as well as qualitatively investigate the effect 

of fluid flow, magnetic nanoparticle size, and frequency of magnetic actuation on the tagging 

performance and subsequently optimize the process. Also, magnetic actuation strategy was 

compared with passive method to enhance reaction kinetics of tagging process. Overall, the 

developed COMSOL model demonstrates that time-dependent magnetic actuation is an efficient 

tool to mix or tag MNPs with biomolecules in situ for the development of efficient point-of-care 

microfluidic systems. 
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3.4.2 Model Development 

In this work MNPs are used together with time-dependent magnetic field to enhance the mixing 

and consequently improve kinetics of tagging process. A schematic of the microfluidic system 

together with integrated copper electrodes for generating time-dependent magnetic field, along 

with corresponding co-ordinates and dimensions, is shown in Figure 3.34. On application of 

current in the electrodes, large magnetic force and magnetic field gradients are created that 

disturbs the MNP solution flowing within the microchannel.  

 

Figure 3.34 Schematic of time dependent magnetic tagging process: a) a three-dimensional conceptual 

representation of the microfluidic system, b) a 2D cross-sectional view used to develop finite element COMSOL 

model, and c) binding reaction between MNPs and biomolecule using antigen-antibody chemistry. 

 

The disturbances are periodically created by turning the current on/ off through the conductors 

causing agitation in the flow thereby increasing the mixing and consequently improving the 

tagging kinetics. It is assumed that the variation in mass transport will be negligible in the 

direction perpendicular to the x-y plane due to high aspect ratio [214] of the system modeled. 

This will reduce the 3D geometry to a 2D thereby significantly decreasing the computational 

time and memory. Moreover, a 2D model will serve as a simple, fast, and relatively accurate 
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guideline for designing and optimizing magnetic microfluidic systems for tagging process. 

Carrier fluid (water) containing MNPs is loaded from top whereas biomolecule solution flows 

from bottom inlet. In all the simulations, it is considered that both the fluids flow with a constant 

laminar flow velocity from left to right. It is considered that both the magnetic nanoparticle and 

biomolecule solution is transported by convective flow towards the outlet and is also free to 

diffuse. The transport of a magnetic nanoparticles in a carrier fluid (water) is governed by; a) the 

magnetic force, arising from transient magnetic field, b) the viscous drag, due to movement of 

magnetic nanoparticles with respect the surrounding fluid,  (c) fluid-particle interactions, due to 

perturbations produced in the flow field , (d) gravity/buoyancy, (e) thermal kinetics (Brownian 

motion), and (h) inter-particle or particle-particle effects  It is assumed in the simulation that a 

low concentration of MNPs were used therefore inter-particle or particle-particle effects were 

neglected in the analysis. Moreover, the sizes of MNPs used in the analysis are extremely small 

therefore gravity effects were neglected but Brownian motion [214] was included in the 

simulation by incorporating a drift-diffusion. The equations and theory developed are based on 

Navier-Stokes equations for solving flow field of carrier fluid in this case it is assumed water, 

drift diffusion equation for mass transport of MNPs and Maxwell‘s equations to predict magnetic 

field and magnetic force in the microchannel. The model basically solves the Maxwell‘s equation 

for a transient magnetic field. The computed magnetic force is coupled to fluid flow by using the 

magnetic volume force term acting on the nanoparticles in the Navier-Stokes equations, which 

account for the momentum transfer from the MNPs to the fluid (particle-fluid interaction). A 

drift-diffusion equation was used to predict the nanoparticle concentration which was dependent 

on flux contributions from diffusion, advection, and magnetic force-based migration. A surface 

modified MNPs containing antibody as a receptor were considered in the simulation that binds 
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with biomolecules (receptor-antigen) by utilizing specific antigen-antibody chemistry [240-242] 

with a known rate constants. It is assumed that the reaction between MNPs and biomolecules is 

homogeneous reaction without taking in account the heterogeneity of surface reaction between 

the linker molecules (antigen-antibody). The detailed explanation of the equations and theory 

used in the model are described in the following sections. 

3.4.2.1 Magneto-Static Equations 

The static magnetic field is calculated using Maxwell-Ampere‘s law given by; 

JH                                                                                                                                  (3.46) 

Where H is the magnetic field vector ( mA / ) and J  is the current density vector ( 2/ mA ), 

According to Gauss law for magnetic flux density, B ( 2/ mVs )  

0 B                                                                                                                                    (3.47) 

In order to describe a relation between B and H a constitutive relation given by the following 

equation is used in the model. 

)( MHB                                                                                                                            (3.48) 

Where,   is the magnetic permeability and M  is the magnetization vector. The magnetic 

permeability can also be expressed as r0  where r  is the relative permeability of magnet (=1) 

and is assumed to be constant in all the simulations and 0  is the permeability in vacuum (

27

0 /104 AN  ). A magnetic vector potential A is described [180] according to the 

following equation 

0;  ABA                                                                                                                  (3.49) 

After substitution of Eq. 3.49 in Eq. 3.49, 3.47, and 3.48 the following vector equation is 

obtained; 
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JMA
r













0

1
                                                                                                      (3.50) 

It is assumed that the magnetic vector potential has a nonzero component only perpendicular to 

the plane zA  which basically simplifies the 2D; the externally applied current density J is 

calculated for the 40 x 40 μm copper conductor. A square-shaped current with a set frequency is 

used to replicate the on/off behavior of current in the conductor. Heaviside step function of 

COMSOL is used to generate a square current pulse similar to the one produced by experimental 

pulse generator. The step function is expressed as flc2hs(x, 0.1) and it smoothes within the 

interval −0.1 < x < 0.1. In order to implement time-dependent control signal for generating 

pulsating magnetic field, the following equation is used. 

   102sin20 .,π fth sflc
A

I
J                                         (3.51) 

Where, 0I  is the current supplied to the conductors which is equal to 1 A for all simulations, A  

is the surface area of the copper conductors, and f  is the switching frequency in hertz. It was 

assumed based on literature [122] that the temperature rise inside the microchannel will be 

negligible when current between 0.5A-1A is used. Magnetic field is actuated from left to right 

meaning when the current in left conductor is ON, the current in the right conductor is OFF and 

vice versa. This is done by having a phase difference of 0180 in the alternating current supplied 

to the conductors. The above equations are solved in magnetostatic module of COMSOL 

Multiphysics software and the pulsating magnetic field is obtained. Magnetic force that is 

exerted on the magnetic nanoparticles is calculated using the following equation [180]: 

 HHVNF MNPrdm  0)1(

                                                                                          

(3.52) 
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Where, dN is the demagnetizing factor (0.33 for a sphere), MNPV  is the volume of a magnetic 

nanoparticles, and  is the ratio of iron oxide content which is 0.8 for the magnetic nanoparticles 

used in this work. 

3.4.2.1.1 Boundary Conditions 

A magnetic insulation boundary condition )0( zA is applied along the system boundary. The 

interior boundaries between the copper conductors and the air only assume continuity, 

corresponding to a homogeneous Neumann condition. 

3.4.2.2 Fluid Flow Equation 

The magnetic nanoparticles (MNPs) were assumed to be dispersed in the fluid of viscosity   (

smkg  /10 3
) and density   (

33 /10 mkg ) equal to that of water. The aqueous solution of MNPs 

is injected from top into the microchannel with a parabolic velocity. The magnetic force acting 

on MNPs due to external magnetic field transfers momentum to the surrounding fluid leading to 

a disturbance in flow profile of carrier liquid. The flow velocity 𝑢 for this incompressible fluid (

0 u ) is described using Navier-Stokes equation, 

  VolFupuu
t

u




 2                                                                                      (3.53) 

Where, 𝑢 is the carrier fluid velocity field ( sm/ ), p is the pressure ( 2/mN ), and VolF  is the 

volume force ( 3/mN ). The momentum transfer from MNPs to the fluid is incorporated by 

setting the volume force term equal to the magnetic force acting on a single MNP multiplied with 

MNP number density,  , which is the number of MNP per unit volume. Therefore, the volume 

force acting on fluid is given by; 

mVol FF 
                                            

(3.54) 
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Eq. 3.54 couples the fluid flow equation with the magnetic field equation and depends on the 

instantaneous concentration of MNP solution in the microchannel which is described in more 

detail later section. MNP number density ( ) is calculated using Eq. 3.55. 

3

3106
43

pm

OFe

d

CM







                                                                                 
(3.55) 

Where, C is the concentration of MNPs ( M ),
43OFeM  is the molar mass of Fe3O4 ( molg / ), m  

is the density of MNPs (
3/ cmg ), and pd  is the diameter of MNPs ( cm ). It is also assumed that 

there is no particle-particle interaction (e.g.: Van der Waals forces) and even the sedimentation 

effects will have negligible influence on the overall mass transport due to extremely small size of 

MNPs. 

3.4.2.2.1 Boundary Conditions 

The flow of fluid at the inlet is assumed to be parabolic and moves in the direction of x-axis with 

zero velocity in y-direction. The average flow velocity of carrier fluid is 0u . No slip condition 

(𝑢 = 𝑣 = 0) is applied along the walls of microfluidic system and at the outlet, pressure 

condition is set equal to zero. 

3.4.2.3 Drift-Diffusion Equation 

The spatial and temporal variation of the MNP solution inside the microfluidic channel is 

described using the drift-diffusion equation where Brownian motion due to extremely small size 

of nanoparticle is also taken into account [180] Specifically, C  the concentration of MNP 

solution is governed by the following equation,  

0



J

t

C
                                                                                                                          (3.56) 
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Where AD JJJ   is the total flux of nanoparticles, which includes a contribution from 

diffusion, CDJ D  , and a contribution CuJ pA  , due to the advection of the nanoparticles 

under the influence of applied forces. The drift velocity pu  of MNPs is obtained using classical 

Newtonian particle motion equation [209] as described below. 

Dgm

p

p FFF
t

u
m 





                                                                                                          
(3.57) 

In the limit of negligible inertia ( 0




t

u
m

p

p ) and zero gravitational force, gF  Eq. 3.57 results 

in Eq. 3.58, 

0 Dm FF
                                                                                                                             

(3.58) 

Where mF and DF  are magnetic and drag forces respectively. According to Stokes‘ law of 

viscous drag,  uurF ppD  6  where pu  and pr
 

is the MNPs velocity and radius 

respectively,
 
u  is the fluid velocity of viscosity   ( smkg  /10 3

). Therefore, from Eq. 3.58, 

  06  uurF ppm 
                                                                                                            

(3.59) 

Since the mobility of the particle is given by pr 61/ Eq. 3.59 can be re-written as;  

mp Fuu 
                                                                                                                             

(3.60) 

Substituting equation 3.60 in flux, AJ  Eq. 3.56 can be re-written as; 

  CFCuCD
t

C
m 




2

                                                                                               (3.61) 

Where diffusion coefficient D  is calculated using Nernst-Einstein relation kTD   
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3.4.2.3.1 Boundary Conditions  

An initial unmixed concentration of MNP solution is injected into the microchannel on the right 

boundary. Convective flux is set at the outlet boundary on the left, keeping insulation/symmetry 

in all the other boundaries.  

3.4.2.4 Tagging Kinetics Equation 

The tagging reaction is assumed to be a bulk reaction between the magnetic nanoparticles C  (

3/ mmol ) and the biomolecules BIOC  ( 3/ mmol ) facilitated due to surface immobilized antibody 

and antigen on MNPs and biomolecules respectively, resulting in MNP-biomolecule complex, 

BIOMNPC   ( 3/ mmol ). The schematic of the reaction process is shown in Fig.1 (c) and can be 

described by following reversible bulk reaction; 

BIOMNP

kk

BIO CCC
offon


/

                                                                   (3.62) 

The tagging kinetics of biomolecule with nanoparticle will also depend on the number of tagging 

sites that are available on the surface of nanoparticles that in turn will be influenced by the size 

of the particle as well as of the biomolecule. It is therefore important to include a factor in the 

model that accounts for biomolecule and nanoparticles interaction on the kinetic rate constant. 

Assuming that each bound biomolecule as a sphere physically in contact with the nanoparticle 

surface, the correct number of tagging sites for the biomolecule is given by the ratio between the 

extended nanoparticle surface and the cross-section of the biomolecule [241] as shown in 

Eq.3.63. 

 

 2

2

BIO

BIOMNP

R

RR
n




                                                                                                                  
(3.63) 

Where, MNPR
 
is the magnetic nanoparticle radius, and BIOR  is the biomolecule radius. The model 

biomolecule investigated in this work is a high density lipoprotein (HDL) which is a complex 



165 
 

composed of different proteins, phospholipids, cholesterol and triglycerides found in human 

blood. The properties of biomolecule such as radius of HDL (~5nm), and rate constant (

15114 103,103   sksMk offon ) were obtained from literature [241]. The number of 

binding sites per biomolecule was included in the association rate constant, to serve as correction 

factors accounting for biomolecule-magnetic nanoparticle interaction.  Assuming law of mass 

action kinetics, the tagging kinetics can be modeled by following set of ordinary differential 

equations (ODEs) describing the reaction rate.  

   BIOMNPoffBIOon

BIOMNP CkCCkn
t

C


 



                                                                        (3.64) 

Where, onk  is the association rate constant ( 11  sM ), and offk is the dissociation rate constant (

1s ) as described earlier. 

3.4.2.5  Numerical Simulation 

A finite element software package, COMSOL
TM

 Multiphysics (COMSOL AB., Stockholm, 

Sweden) is used to solve the two-dimensional partial differential Equations obtained in our 

model. The finite element model developed in COMSOL consisted of three application modes: 

incompressible Navier-Stokes mode and magnetostatics mode to predict the convective velocity 

of fluids with and without the influence of magnetic field force, a convection-diffusion mode to 

predict the concentration of MNPs, biomolecules, and MNPBIO complex solution within the 

microchannel. A bulk phase reaction term is used in the convection and diffusion mode to realize 

interaction between MNPs and biomolecules based on antigen-antibody chemistry. The meshing 

within the microchannel was kept at 
610
 except near the centre point of inlet where point 

meshing parameter of 
710
with growth rate of 1.1 is selected. The model is solved in transient 

mode in one step using time-dependent solver.  
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 In order to quantify the tagging performance, mixing cup concentration )( MCC of MNP-

biomolecule (MNPBIO) complex is computed. Mixing cup concentration is defined as the 

concentration of fluid if the flow was emptied to a cup that was well stirred, basically it 

determines how well the concentrations of MNP tagged biomolecule is mixed. It is given by 

Eq.3.65. 

dxdyu

dxdyyxuC

C

A

A

BIOMNP

MC

 

 ),(



 

                                                                                                  (3.65) 

Where, ),( yxC BIOMNP  is the instantaneous concentration of MNPBIO complex and u  is the x-

directed flow velocity.  

3.4.2.6 Magnetic Force Validation 

Prior to more detailed analysis and optimization, the magnetic force calculation in the 

COMSOL
TM

 finite element model described was validated using the experimental and numerical 

results from literature [122].
 
Accurate prediction of magnetic field and consequently magnetic 

force on the nanoparticles in the microchannel is the most critical first step in coupling the 

microfluidic flow and mass transfer with magnetic force tagging process therefore its correct 

estimation is essential. In order to compare results, a volume of 31 91016.2 m  corresponding to 

0.7 μm magnetic particles and a 40 x 40 μm copper conductor carrying 1A was considered in the 

COMSOL
TM

 model. The model setup is shown in the inset of Fig 2. The fluid with magnetic 

particles flows in the microchannel whereas at the bottom the copper conductors are used to 

generate magnetic field. The magnetic field force as described in Eq. 3.52 on magnetic particles 

are calculated along different lines that are parallel to the x-axis (y=1, 5, 10, and 20 μm) starting 

from 180μm from the left of microchannel (central point between two conductors) and going 
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toward right for a distance of 100 μm (see Figure 3.34). The location x=20μm and x=60μm 

corresponds to the inner and outer edges of the right conductor respectively. It can be seen from 

Figure 3.35 that as we move away from bottom of microchannel the x-component of magnetic 

force tends to decrease as well as oscillates around the central axis of the microchannel and 

peaks at the edges of the conductor, responsible for the oscillatory motion of the magnetic 

particles within the microchannel. Moreover, the computed magnetic force profiles along 

different planes within the microchannel as well as the range of maximum magnetic forces (e.g.; 

0.1-0.3 pN) obtained, agree reasonably well with experimental and simulation work performed 

by [122]. 

 

Figure 3.35 Magnetic body force along the z-lines above the current carrying conductor. The location x=20μm and 

x=60μm corresponds to the inner and outer edges of the right conductor respectively. 
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3.4.3 Results & Discussion 

In this section, we present the dynamic analysis of time-dependent MNP-enhanced tagging 

process in the microchannel. Time-dependent finite element results were obtained using the 

above described model and the performance of tagging was predicted and optimized using 

mixing cup concentration as described earlier in section 3.4.2. Effect of magnetic nanoparticle 

size, and frequency of applied current used to generate magnetic field was investigated together 

with fluid flow. The novel strategy of using magnetic field assisted tagging process was 

compared against passive methods of enhancing bulk phase reaction kinetics. In magnetic field 

equation average current of 1A is considered throughout the simulations. The diffusivity of 

DNA, protein, cells, etc. as reported in literature ranges from 10
-11

–10
-14

 m2/s , therefore in mass 

transfer equation, a diffusion coefficient of D=10
-11

 m
2
/s is used throughout the simulations. 

Other parameters such as fluid viscosity   ( smkg  /10 3
) and density   (

33 /10 mkg ) are kept 

constant throughout. The affinity constant, aK ( offon kk / ) is kept constant at 10
9 1M  with  

15114 103,103   sksMk offon  throughout the simulations. The effect of various 

parameters on the tagging performance is described in more detail in the following sections. 

3.4.3.1 Effect of Switching Frequency and Magnetic Nanoparticle Size 

In the schematic shown in Figure 3.34, time-dependent magnetic field that turns on and off at 

certain frequency produces magnetic forces on MNPs that disturbs the parallel streamline flow in 

the otherwise highly ordered laminar flow. These disturbances causes vertical momentum (in y-

direction) to the fluid solution and stretching/folding of streamlines resulting in enhanced mixing 

and higher tagging performance. Therefore, the switching frequency of the electric current 

supplied to the electrodes together with magnetic nanoparticle sizes are one of the most 

important parameters in this system. Switching frequency and magnetic nanoparticle sizes can 
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result in either very fast or very slow modulating magnetic forces of varying strength; therefore 

they need to be optimized.  The effect of switching frequency on the reaction kinetics of tagging 

process is analyzed for four different diameters of MNPs (50nm, 80nm, 100nm, and 150nm) 

using six different switching frequencies ranging from 0.1 Hz to 15 Hz, keeping the other 

parameters such as inlet flow velocity μm/s) 50( , and current through the conductor A) 1(

constant throughout the simulations. The simulations were run for 5s and mixing cup 

concentrations )( MCC of MNP-biomolecule (MNPBIO) complex were computed as described by 

Eq. 3.65. It can be seen from Figure 3.36 that time-dependent magnetic actuation enhances the 

mixing process by stretching and folding the streamlines and overall enhances the tagging 

process as evident from increase in formation of MNP-BIO complex. However, for smaller 

magnetic nanoparticles (~50nm) the enhancement is not profound and the reaction between 

MNPs and biomolecules mostly takes place near the interface of two streams (at the center of 

microchannel). This is because 50nm size MNPs were unable to agitate the fluid and most of the 

reaction takes place due to diffusion-based mixing (see Figure 3.36 (a-f)i). This is further evident 

from mixing cup concentrations )( MCC data versus time as shown in Figure 3.37. For all the 

scenarios where 50nm MNPs were used, the mixing cup concentration )( MCC of MNP-

biomolecule (MNPBIO) complex resulting from tagging reaction was small. The effect of 

switching frequency can be seen even when 50nm MNPs were used but the migration of species 

was very small in vertical direction due to weak magnetic forces and resulted in maximum 

reaction only near the interfaces. Furthermore, we can see that as the size of magnetic 

nanoparticle increases, the strong magnetic forces tend to produce more migration of both MNPs 

and biomolecules resulting in enhanced reaction kinetics.  
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Figure 3.36 Simulated concentration profile of MNP-tagged-biomolecule complex formed during the bulk phase 

reaction between MNPs and biomolecules in the presence of magnetic actuation scheme (time of simulation=5s). 

The effect of switching frequency (a) 0.1 Hz, (b) 0.5 Hz, (c) 1 Hz, (d) 5 Hz, (e) 10 Hz, and (f) 15 Hz on the reaction 

kinetics of tagging process is analyzed for four different diameters of MNPs (i) 50nm, (ii) 80nm, (iii) 100nm, and 

(iv)150nm. 

 

It can be seen from the results that performance of tagging process is greatly affected by the 

interplay of magnetic nanoparticle size and switching frequency.  In general, MNPs will 

experience both magnetic force and drag force in the microchannel.  If magnetic force is more 
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than the drag force exerted by fluid flow, MNPs will get deviated (move in lateral direction 

towards magnetic electrodes) from its original path. Again, if the magnetic force is switched off, 

MNPs will just flow with the fluid without any further deviation due to drag forces. Periodically 

switching the magnetic force on and off will disturb the path of MNPs which will also disturb the 

liquid and cause mixing.  

 

Figure 3.37 Variation of mixing cup concentration of MNP-tagged-biomolecule complex formed during the bulk 

phase reaction between MNPs and biomolecules in the presence of magnetic actuation scheme with time. The effect 

of switching frequency (a) 0.1 Hz, (b) 0.5 Hz, (c) 1 Hz, (d) 5 Hz, (e) 10 Hz, and (f) 15 Hz on the reaction kinetics of 

tagging process is analyzed for four different diameters of MNPs. 

 

The distance travelled by MNPs both in vertical direction as well as in horizontal direction will 

be a function of magnetic as well as drag forces. In order to produce enhanced mixing it will be 
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desirable to produce more vertical and less horizontal movement of magnetic nanoparticles that 

is more oscillations. In these simulations the flow rate is fixed but the drag forces and magnetic 

forces can be very well controlled by magnetic nanoparticle size and switching frequency to 

induce high oscillations. Therefore, there is always a critical MNP size and switching frequency 

based on the dimensions of microchannel that will bring out optimum mixing and consequently 

enhanced bulk phase reactions for a given set of conditions. Based on the results given in Figure 

3.36 and Figure 3.37 it can be seen that magnetic nanoparticle size of 100nm produces more 

MNP-biomolecule (MNPBIO) complex for all the frequencies used in the simulations. However, 

if the frequency is increased there is more oscillation in concentration of MNP-biomolecule 

(MNPBIO) complex seen. It can be also observed from Figure 3.36 (a&b) and quantitatively 

from Figure 3.37(a&b) that for low frequencies increasing the size of MNPs to 150nm resulted in 

very low formation of MNP-biomolecule (MNPBIO) complex. This again can be explained from 

the fact that the tagging process highly depends on the disturbance produced in the 

microchannel. Although, increasing the size of MNPs increases the magnetic forces but 

switching frequency was not optimum to produce a good balance of horizontal and vertical 

movement in order to produce maximum disturbance and resulted in less formation of MNP-

biomolecule complex. From the above analysis it can be realized that tagging process in 

microchannel can be enhanced using magnetic actuation but it is a strong function of both 

magnetic nanoparticle size and swithich frequency of magnetic field working together. Based on 

the results given in Figure 3.37 and for the geometrical configuration and flow condition used in 

the model, 100 nm MNPs together with 0.1 Hz switching frequency gave the most optimized 

tagging performance. 
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3.4.3.2 Effect of Inlet flow Velocity 

Inlet flow velocity or flow rate also has significant effect on the tagging performance, a too high 

incoming flow rate will produce large drag forces that will overcome magnetic forces and 

consequently make the magnetic actuation strategy ineffective, Also a too small flow rate will 

result in less throughput and can affect the overall performance of  lab-on-a-chip devices. 

Therefore, flow rates or inlet flow velocity needs to be optimized for a given configuration. In 

order to further understand the time-dependent magnetic field influenced tagging process and 

optimize it, simulations were performed to account for the effect of inlet flow velocity or 

Reynolds Number on the mixing cup concentration. MNPs of 100nm diameter are used together 

with magnetic field switching frequency of 0.1Hz. All the other parameters are kept constant as 

described in previous sections throughout the simulations that were run for 30s. Inlet flow was 

increased from μm/s 30 to μm/s 120 and mixing cup concentrations )( MCC of MNP-biomolecule 

(MNPBIO) complex are computed. It can be seen from Figure 3.38 that as the flow velocity or 

Reynolds Number is increased; the time fluid element spent in the microchannel decreases 

resulting in less effective magnetically actuated tagging process (see Figure 3.38f). Therefore, an 

optimum flow velocity for magnetically actuated mixing needs to be identified.  In general, if the 

system is operated at higher flow velocity (~120 µm/s) larger magnetic field force is needed to 

bring out desired oscillation within the microchannel in order to enhanced reaction kinetics. This 

can be done either by increasing the current through the electrodes or choosing larger magnetic 

particles but both these conditions can have negative impact on overall process. Too high current 

can cause excessive heating and may damage cells, DNA‘s or biomolecules whereas increasing 

the size of MNPs can lead to clogging of microchannel for device size that is expected to be 

small. 
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Figure 3.38 Simulated concentration profile of MNP-tagged-biomolecule complex formed during the bulk phase 

reaction between MNPs and biomolecules in the presence of magnetic actuation scheme after 30s. The effect of flow 

velocity (a) 30 µm/s, (b) 50 µm/s, (c) 80 µm/s, (d) 90 µm/s, (e) 100 µm/s, and (f) 120 µm/s on the reaction kinetics 

of tagging process is analyzed. 

 

As this method is envisioned to facilitate better tagging of biomolecules with MNPs in situ for 

lab-on-a-chip devices, the tagging process overall will be controlled by two important time 

scales, convection time scale, ct  and reaction time scale, rt  that is the tagging process will 
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depend on how much time MNPs and biomolecules have to react. If the convection time, ct  is 

smaller than reaction time, rt  biomolecules and MNPs will not get enough time to interact and 

they will just move out of the system without being tagged. Moreover, a high inlet flow velocity 

will increase the drag force and make magnetic force ineffective resulting in very small 

migration of MNPs in vertical direction and consequently most of the reaction only takes place at 

interface as seen in Figure 3.38f.  On the other hand working with too low velocity produces 

large variation in MNP-biomolecule (MNPBIO) complex formation as seen in Figure 3.39. 

Therefore, working at optimum flow velocity (Re~5x10
-4

) in this case with magnetic mixing will 

be needed to provide sufficient reaction time for tagging biomolecules with MNPs and also less 

oscillation in results. From the above analysis MNPs actuated tagging process seems to be more 

profound at an optimum inlet velocity of μm/s 05  for the geometry and conditions used in the 

simulations. 
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Figure 3.39 Variation of mixing cup concentration of MNP-tagged-biomolecule complex formed during the bulk 

phase reaction between MNPs and biomolecules in the presence of magnetic actuation scheme with time. Effect of 

Reynolds number (3 x10-4 to 12x10-4) on the reaction kinetics of tagging process is analyzed. Inset (b) shows that 

after 5s, working with Re~5x10
-4

 provides optimum flow conditions (~50 µm/s ) for formation of MNP-biomolecule 

complex. 

 

3.4.3.3 A Comparative Study 

In this section the novel strategy of using magnetic actuation to enhance tagging process as 

described earlier is compared with passive mixing scheme and with scenario when no actuation 

strategy either passive or active is deployed. For passive method three bluff bodies (barriers) 

were added to the top of channel and two to bottom of the microchannel.   
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Figure 3.40 Simulated concentration profile of MNP-tagged-biomolecule complex after 10s formed during the bulk 

phase reaction between MNPs and biomolecules for three different scenarios (a) no active or passive mixing, (b) 

with passive barriers, and (c) with active magnetic actuation. 

 

The barriers had width of 2µm and height of 3µm placed 3.5µm apart. This is done to reduce the 

diffusion length and create disturbances in streamlines with an objective to provide better contact 

between MNPs and biomolecule for tagging process. A flow velocity of μm/s 05  is used for all 

three scenarios.  For magnetic actuation, MNPs of 100nm diameter were used together with 

magnetic field switching frequency of 0.1Hz. All the other parameters are kept constant as 

described in previous sections throughout the simulations that run for 10s. The mixing cup 

concentrations )( MCC of MNP-biomolecule (MNPBIO) complex is predicted for three different 

scenarios including standard straight microchannel without any actuation, microchannel with 

bluff bodies, and microchannel with magnetic field effect. Figure 3.40 shows the predicted 

concentration profile of MNP-biomolecule complex for three different scenarios at different time 

slots. It can be seen that for base scenario without any actuation strategy (see Figure 3.40a) the 

bulk phase reaction only takes place at the interface of MNPs and biomolecules due to diffusion 

limitation and no mixing.  
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Figure 3.41 Streamline plots of velocity field of carrier fluid containing MNPs for three different scenarios (a) with 

active magnetic actuation at t= (i) 4.5s, (ii) 5s, (iii) 5.5s, and (iv) 10s, (b) with passive barriers at t=10s, and (c) no 

active or passive mixing at t=10s. The plot shows that velocity field is varying for magnetic actuation scheme and 

therefore provides better mixing. 

 

With the use of passive actuation scheme as shown in Figure 3.40b, an enhancement in binding 

can be observed due to slight stretching and folding of streamlines (see Figure 3.41b) due to 

presence of barriers. Even though passive method enhanced the tagging process as compared to 
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scenario when no actuation was used, but it was small as compared to scenario when magnetic 

actuation was deployed (see Figure 3.40c). Furthermore, magnetic nanoparticle actuation scheme 

produced large stretching and folding of stream lines that also dynamically changed with time as 

shown in Figure 3.41a resulting in enhanced mixing. It can also be seen quantitatively from 

Figure 3.42 that large increase in formation of mixing cup concentrations )( MCC of MNP-

biomolecule complex was observed when magnetic actuation is used in the tagging process.  

 
Figure 3.42 Comparative Study: Variation of mixing cup concentration of MNP-tagged-biomolecule complex 

formed during the bulk phase reaction between MNPs and biomolecules with time for three different scenarios (a) 

no active or passive mixing, (b) with passive barriers, and (c) with active magnetic actuation. 
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Overall, based on the mixing cup concentrations )( MCC  curves, a 20% increase in tagging 

process is observed when passive method is used whereas 49% increase in tagging performance 

is observed when magnetic nanoparticle together with magnetic actuation strategy is used in the 

system. The numerical simulations results reported here indicate that magnetic nanoparticle-

based strategy performs better in all conditions and can be a useful technique for speeding up the 

reaction kinetics of the tagging process, particularly for diffusion-limited microfluidic systems. 

This strategy is easy to implement and can be very easily integrated on a lab-on-a-chip devices 

for developing rapid and sensitive micro-total analysis systems. 

3.4.4 Conclusion 

COMSOL-based multi-physics model is developed to demonstrate a novel magnetically actuated 

tagging process in microfluidic systems using magnetic nanoparticles. It is shown that oscillating 

electromagnetic body forces can be produced due to the electrodes embedded in the device 

substrate resulting in MNPs agitation causing enhanced mixing in the surrounding fluid. The 

strategy demonstrated here overall speeds up the reaction kinetics of the tagging process and can 

be easily integrated on lab-on-a-chip systems. The model was used to quantitatively as well as 

qualitatively investigate the effect of fluid flow, magnetic nanoparticle size, and frequency of 

magnetic actuation on the tagging kinetics and subsequently optimized parametric values were 

predicted. Furthermore, magnetic actuation strategy was compared with passive mixing method 

to enhance reaction kinetics of tagging process. A 49% increase in tagging performance was 

observed when magnetic nanoparticle together with magnetic actuation strategy was used as 

compared to passive method which resulted in only 20% increase in tagging process. The 

numerical simulations results reported here indicate that magnetic nanoparticle-based strategy 

performs better in all conditions and can be a useful technique for speeding up the reaction 
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kinetics of the tagging process, particularly for diffusion-limited microfluidic systems. Overall, 

the developed ―numerical prototype‖ proves that time-dependent magnetic manipulation 

technique has an excellent potential to efficiently tag MNPs with biomolecules in situ for further 

processing and will be very useful in developing rapid and sensitive micro-total analysis systems. 
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4. PROOF-OF-CONCEPT EXPERIMENTATION & VALIDATION 

4.1 Experimental Materials & Methods 

4.1.1 Magnetic Microfluidic Platform Setup 

A simple, low cost and generic magnetic microfluidic platform setup that consisted of 

microfluidic channel, magnetic nanoparticles (MNPs), and in-house assembled magnets is shown 

in Figure 4.1. The magnetic and microfluidic assembly can be divided into six main components: 

the microfluidic microchip, the magnetic nanoparticles, the fluidic connections, the imaging & 

analytical instrumentation, and the magnetic assembly. Design and fabrication of microfluidic 

chip together with synthesis of magnetic nanoparticles will be discussed in more detail in later 

section. 

 

Figure 4.1 Microflluidic platform with inlet and oulet connections through tubings, permanent magnet in the vicinity 

of microfluidic chip, and the objective of microscope over the ROI for recording images. The sample from outlet is 

taken in Zetasizer Nano for concentration analysis. 

 

The microchip for the retention and manipulation of magnetic nanoparticles in a sample flow 

relies on a simple and robust design. A unique microfluidic channel including a single inlet and a 

single outlet will be sufficient to perform mixing and separation analysis on chip. As shown in 
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Figure 4.1, the microfluidc channel was connected with inlet and outlet via flexible tygon tubing. 

In order to provide leak free connections a microsyringe tips made of stainless steel was 

embedded into the microchannel inlet/outlet for secure connections between the flexible tubes 

and the microfluidic chip. 

 
Figure 4.2 Components of Experimental Set up: a) Micro-peristaltic pump with inlet and outlet connections using 

tygon tubing, (b) LCD Digital microscope with translational stage for image acquisition. 
 

The overall objective of the experiments were to capture optical images of the magnet 

nanoparticles as well collect samples for concentration analysis in the microfluidic channels 

under different magnetic actuation conditions. Therefore, a differential pressure drop is 

maintained inside the channel by connecting the outlet to peristaltic micropump (Instech P625) 

and inlet to reservoir containing magnetic solution. Flow rate can be varied using the precise-bi 

directional speed controller on the pump (see Figure 4.2). This simple method allows for a good 

control of the flow in the channel in suction mode.  

In order to provide static magnetic field in the experimentation an assembly of permanent 

neodymium magnet purchased from KJ Magnetics were used. Most of the capturing and 

separation studies involved static magnetic field where as dynamic magnetic field used in mixing 

experiments was provided using  in-house assembled electromagnet kit purchased from Arttec 
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Inc. (Arttec., Inc, Woolwich, Maine). The kit comes with few levels of assembly (soldering the 

parts onto the printed circuit board). The electromagnet was basically constructed from a 2700 

turns of 33 gage wire on a 2" bolt and nut with a 60 Ohm coil measuring 1" x 1 1/4". The total air 

gap is about 3/8". The electromagnet requires a 12VDC at 200mA. The knob on the circuit board 

can be used to adjust the air gap by about 1/4" and also works as on/off switch for magnetic 

field. Magnetic assembly was placed near the vicinity of the microchannel and optical images 

were acquired using the digital microscope (Celestron 44340). The digital microscope used in the 

experiments is shown in Figure 4.2b. It consists of integrated LCD screen together with USB 

connection to PC. The translational stage of the microscope was used to place the microfluidic 

chip assembly such that the objective of camera can acquire images of the flowing nanoparticles 

both in static and in real time. The CCD camera can be connected to a computer for data 

acquisition. The translation stage could be adjusted in the horizontal direction for focusing the 

channel and in the vertical direction to investigate the flow inside the channel. Image acquisition 

was performed using ImageJ software (NIH, USA). Images were acquired from the region of 

interest (ROI) under Bright field lightning condition.  

4.1.2 Microfluidic chip fabrication 

Polydimethylsiloxane (PDMS) is widely used for the fabrication of microfluidic systems because 

it can readily be transferred into the desired shape, is easy to seal onto substrates, and is 

transparent thus permitting visualization of the sample. However, the fabrication of PDMS-based 

microfluidic devices requires a mold or mask that is often developed using photoresist (SU-8) 

and silicon lithography. This process requires clean room for photolithography and 

microfabrication methods, all of which are expensive and time consuming and beyond the reach 

of many researchers. Recently, rapid prototyping techniques that circumvent the requirement for 
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a clean room have been proposed, such as the use of double sided scotch tapes, but lack precision 

and control. Moreover, both rapid prototyping method and clean room method produce negative 

or positive stamp on PDMS which needs to be combined with glass or silicon using plasma. 

Combination of two pieces of element often leads to problem of leakage.   In this work standard 

molding process was combined with novel rapid prototyping method to produce low cost 

microfluidic chip made of polydimethylsiloxane (PDMS). An Aluminum wire of known 

diameter was used as a mold. The size of each microchannel was adjusted by selecting different 

sizes of wires, and different branch architectures can also readily be fabricated. The wires are 

then simply removed from the PDMS replica leaving behind a network of microchannels. The 

fabrication starts by fixing an aluminum wire in the center and approximately at half the depth of 

the empty Petri dish. Small holes were created on the sides of petri-dish to hold the wire at half 

the depth, these holes were later sealed using adhesive tapes to remove substantial leakage.   

PDMS with a base and curing agent (Sylgard 184) kit was purchased from, Dow Corning.  USA. 

The kit contains two parts: a liquid silicone rubber base and a catalyst or curing agent. The base 

and curing agent are typically mixed in a ratio of 10:1. Once mixed, the liquid mixture becomes 

a solid and cross-linked elastomer in a few hours. Heat will accelerate the crosslinking reaction. 

If the ratio of curing agent to base is increased, a harder and more cross-linked elastomer can be 

formed. The fabrication process includes following steps: weigh, mix, degas, dispense, spread, 

curing and peel off. PDMS with a base and curing agent mixed in a ratio of 10:1 was poured onto 

the mold (see Figure 4.3) and was degassed to remove any bubbles using desiccators. The 

uncured PDMS was baked in an oven (65 °C) for 1 h.  The final step was to peel off the cured-

PDMS containing the aluminium wire from the Petri dish. The sides of the cured PDMS were cut 
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using a razor blade, leaving a significant amount of the wire exposed outside. With the help of 

pliers the wire were carefully removed.  

 

Figure 4.3 Fabrication Process for developing Microfluidic Channel, a) Pouring PDMS mix over the mold, and b) 

Cured microchannel with wires embedded in it. 

 

To make this process easier, the microchannel were washed with acetone which swelled the 

PDMS and expanded the channels prior to pulling out the wires. The microchannel was 

connected with the tygon tubing as shown in Figure 4.4 using the stainless tip obtained from 

microsyringe. The tip was inserted into the microchannel to make leakage free connection.  
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Figure 4.4 Straight Microchannel fabricated using PDMS and micromolding process with connection for inlet and 

outlet using tygon tubing and stainless steel tip as interconnect. 

 

4.1.3 Magnetic Nanoparticles 

Magnetic nanoparticles with diameters of 200 nm were obtained from Chemicell GMBH. These 

superparamagnetic nanoparticles as shown in Figure 4.5 are made of magnetic iron oxide core 

and covered with hydrophilic polymers which protect them against aggregation by foreign ions.  

 

Figure 4.5 Magnetic Nanoparticles used in this work, a) TEM image of multi-domain magnetite core, and b) 

structure of magnetic nanoparticles with magnetic core surrounded by polysaccharide matrix. 
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Terminal functional groups such as ion-exchange groups or reactive groups for covalent 

immobilization can be used for binding to biomolecules. FluidMAG-ARA will be used in this 

work because it has terminal carboxyl group which can be easily attached to biomolecules of 

interest. The fluidMAG-ara particles (chemicell, Berlin, Germany) consist of small magnetite 

(Fe3O4) crystals with a diameter of approximately 12 nm, embedded in a biocompatible 

polysaccharide matrix. This enables stability and prevents biodegradation for several days up to 

weeks. Magnetite is known to be completely biocompatible. It does not show any toxicity (no 

L50 index) [207]. The shell allows for covalent binding of biomolecules of interest so that the 

particles can be functionalized. The average diameter of the particles is approximately 200 nm, 

whereas the volume fraction of magnetite within a composite particle is 80%. A composite 

particle is not a perfect sphere; it is randomly shaped due to the fact that the magnetite particles 

are held together only by a thin shell as seen in Figure 4.5b. The size distribution of the single 

crystals was determined by transmission electron microscopy (TEM). A TEM image of a 

composite particle is shown in Figure 4.5a. The single crystals are clearly visible, whereas the 

shell does not provide any contrast.  

4.1.4 Calibration Curve 

The concentration of MNPs solution in the effluent was estimated from in-house determined 

calibration curve. The calibration curves were generated from original stock of MNPs solution 

diluted to different concentrations. A dynamic slight scattering instrument (Malvern Zetasizer 

Nano S, UK) as shown in Figure 4.1 was used. The Zetasizer Nano S measures the intensity of 

scattered light of various concentrations of sample at one angle; this is compared with the 

scattering produced from a standard (i.e. Toluene).  
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Figure 4.6 Calibration Curve obtained for MNPs using scattering intensity obtained from Zetasizer Nano S. Inset 

shows different concentrations of MNPs used in generating calibration curve(R2=0.9908). 

 

In general, Zetasizer is used to measure the size of molecules but also the count rate can be used 

as a method of determining the relative concentration of a sample of stable size—as the count 

rate goes down, so  does the concentration. While the Zetasizer software does not automatically 

spit out an estimated sample concentration from the count rate, it is actually a fairly stable value 

for the same sample over time, and therefore is used in this work as an estimate of concentration.  

Power law calibration curve of scattering intensity (kilocounts per second, kcps) versus 

concentration of magnetic nanoparticles (mg/ml) were obtained for 200nm particles (R
2
=0.9908) 

( see Figure 4.6).   
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4.2 In situ analysis of capturing dynamics of magnetic nanoparticles in a microfluidic 

system 

 

4.2.1 State of the Art 

A Magnetic field-assisted separation of biomolecules in microfluidic systems has received 

increased attention in the last decade due to its vast applications in biomedical engineering 

research, clinical diagnostic and biotechnological sciences. The idea behind this innovative 

technology involves isolating biomolecules of interest from the bulk mixture by attaching them 

to magnetic particles and then recovering it using an external magnetic field [3, 29, 41, 61, 134, 

207]. In the past few years, several microfluidic system incorporating magnetic-actuation have 

been successfully developed for separation and detection of biomolecules [45, 60], immunoassay 

of proteins [48, 172], purification of DNA [50], and cell separation [52].Most of these system are 

based on functionalized magnetic beads or microparticles [29, 47, 52, 147], however there are 

relative few microfluidic systems [62] in literature that have employed magnetic nanoparticles 

(MNPs) for separation of biomolecules. Compared with microparticles, MNPs possess better 

properties that can advantageously be used in microfluidic devices, such as their extremely small 

size causes minimal disturbance to attached biomolecules [37]. MNPs also possesses higher 

surface to volume ratio[37, 61, 62] that can bring out efficient chemical binding and most 

importantly they are super-paramagnetic [37] , i.e., their magnetization without a magnetic field 

is zero. The super-paramagnetic nature ensures that they stay suspended in carrier liquid when 

the magnetic field is removed without giving agglomeration issues as can be seen in 

microparticles or microbeads. This makes it easy for the removal or capture of tagged 

biomolecules of interest and better interaction with biomolecules like cells, proteins, DNA etc. 

Overall, inclusion of magnetic nanoparticles in microfluidic devices will greatly enhance the 
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device functionality and separation performance. The separation of biomolecules not only 

depends on the use of magnetic nanoparticles but is also a multiphysics phenomenon that 

involves interplay of various other parameters such as inlet velocity, MNP size, magnetic field 

strength and its orientation, geometry of the device etc. In order to design and develop more 

robust magnetic microfluidic system it is important to understand how these parameters 

influence each other. Proof of concept experiments together with mathematical modeling can 

reveal the dynamics of this process and will be very helpful in designing, optimizing and 

developing more efficient magnetic microfluidic bioseparation system. To date several groups 

have reported [138, 208-213] the study of the transport of magnetic particles in microfluidic 

system but most of these were focused on microparticles or microbeads. Moreover, only simple 

magnetic field configurations were considered without a detailed analysis and optimization 

strategies.  Recent advances in MEMS technology has helped researcher to develop systems for 

manipulation of microparticles [[138, 208-213]. Experimental investigations have so far focused 

on qualitative demonstrations of capture [138, 208-213]  or separation [138, 208-213] using 

microfabricated electromagnets. While useful, these investigations lack detailed quantitative 

analysis that can be used for designing more simple and robust systems. Moreover, these devices 

require expensive fabrication processes or clean room techniques in order to integrate the 

magnets with the microfluidic channels to achieve magnetic particles capturing and separation. A 

microfluidic system that allows a simple fabrication procedure while achieving the same 

functional purpose of magnetic based separation is also highly desirable. 

In this work, a simple, low cost and generic microfluidic platform is assembled to study the 

dynamics of magnetic nanoparticle capturing process. Standard molding process combined with 

a novel rapid prototyping method is used to develop low cost polydimethylsiloxane (PDMS) 
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microchannel. The fabrication method used in this work circumvents the requirement for a clean 

room. It also eliminates the combination of two pieces of element, such as in standard fabrication 

method where negative or positive stamp on PDMS are combined with glass or silicon using 

plasma as a result overcomes the problem of leakage. Magnetic nanoparticle dynamics in 

microchannel is studied using an experimental setup containing a sub-microliter fluid volume 

surrounded permanent magnet systems for particle capturing. On the basis of MNPs 

concentration measurement using optical technique, capturing efficiency analysis is performed. 

Influence of flow rate conditions, magnetic field systems on the capturing efficiency is 

investigated.   A finite-element-based mathematical model is also developed to predict the 

dynamics of the magnetic nanoparticle loaded fluid. The simulations are found to be in good 

agreement with the experimental results. Parametric investigations using both experiments and 

theoretical predictions illustrate the effects of flow and magnetic parameters on the MNPs 

capturing efficiency in the microchannel and agree very well with each other. Mathematical 

model is further used to enhance the performance of the proof-of-concept study performed using 

the experimental setup. A novel idea of incorporating a grooved iron bar in close proximity to a 

microfluidic channel is tested using the numerical simulation. The presence of external grooved 

shape iron bar altered the magnitude of the magnetic field density gradient inside the 

microchannel which results in an increase in capturing efficiency due to higher magnetic force 

acting on the MNPs. This work demonstrates that a simple low cost experimental proof-of-

concept setup can be synchronized with advanced numerical simulation to design and improve 

the functional performance of magneto-fluidic bioseparation systems based on magnetic 

nanoparticles. 
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4.2.2 Materials & Methods 

4.2.2.1 Microchannel Fabrication 

The microfluidic channels with a diameter of 500µm and length of 75mm were fabricated by a 

low cost rapid micromolding technique.  First, a mold was prepared by fixing an aluminum wire 

of 500µm diameter in the center and approximately at half the depth of the empty Petri dish.   

Polydimethylsiloxane (PDMS)(Sylgard 184, Dow Corning, USA) with a base and curing agent 

mixed in a ratio of 10:1 was poured onto the mold and was degassed to remove any bubbles 

using desiccators. The uncured PDMS was baked in an oven (65 °C) for 1 h.  The final step was 

to peel off the cured-PDMS containing the aluminium wire from the Petri dish. The sides of the 

cured PDMS were cut using a razor blade, leaving a significant amount of the wire exposed 

outside. With the help of pliers the wire were carefully removed. To make this process easier, the 

microchannel were washed with acetone which swelled the PDMS and expanded the channels 

prior to pulling out the wires. The microchannel was connected with the tygon tubing using the 

stainless tip obtained from microsyringe. The tip was inserted into the microchannel to make 

leakage free connection.  

4.2.2.2 Microfluidic System Setup 

A schematic view together with experimental set-up to carry out magneto-hydrodynamic 

experiments is shown in Figure 4.7a and Figure 4.7b. The magnetic and microfluidic set-up may 

be divided in five main components: the microchannel, the magnetic nanoparticles solution, the 

fluidic connections, the imaging instrumentation, and the permanent magnet system.  As shown 

in Figure 4.7, the microfluidc channel is connected with inlet and outlet via flexible tygon tubing. 

In order to provide leak free connections a microsyringe tips made of stainless steel are 
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embedded into the microchannel inlet/outlet for secure connections between the flexible tubes 

and the microfluidic chip.  

 

Figure 4.7 Microfluidic Magnetic Nanoparticle Capturing System; (a) schematic of the experimental setup, (b) 

snapshot of the setup showing microfluidic platform with inlet and outlet connections through tubings, permanent 

magnet in the vicinity of microfluidic chip, and the objective of microscope over the region of interest (ROI) for 

recording images. Inset shows the size of ROI and microchannel diameter, c) experimental setup showing ROI 

within the microchannel with neodymium magnet placed at its edge (System 8), and d) Finite Element Model setup 

in COMSOL for simulating the scenario given in (c). (Length of channel=75mm) 

 

A differential pressure drop is maintained inside the channel by connecting the outlet of the 

microchannel to peristaltic micropump (P625 Peristaltic Pump, Instech, USA) and inlet to 

reservoir containing MNPs solution. Flow rate were varied using the precise-bi directional speed 

controller on the pump. This simple method allows for a good control of the flow in the channel 

in suction mode. Magnetic field is provided by assembly of permanent neodymium magnets (KJ 

Magnetics, USA). Magnetic system assembly comprising of different shapes and strength of 

neodymium magnets as illustrated in Table 4.1, were used in the vicinity of the microchannel. 
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The approximate strength of magnetic assemblies was calculated based on the finite element 

simulation described later in the section.  

Table 4.1 Specification of Magnetic System Assembly used in Capturing MNPs 

 

Optical images in the region of interest (ROI) (see Figure 4.7a) were acquired using the digital 

microscope (Celestron 44340, Celestron Inc., USA). The translational stage of the microscope 

was used to place the microfluidic chip assembly such that the objective of camera acquires 

images of the flowing nanoparticles both in static and in real time. The CCD camera was 

connected to a computer for data acquisition. Image acquisition was performed using ImageJ 

software (NIH, USA) from the region of interest (ROI) under bright field lightning condition.  

Magnetic nanoparticles (MNPs) of 200nm diameter (fluidMAG-ARA Chemicell GMBH, 

Germany) were suspended in de-ionized DI water and injected into the inlet. The magnetic 

nanoparticles consisted of an inner core made up of magnetite (Fe3O4) crystals of approximately 

12 nm diameter, embedded in a biocompatible polysaccharide matrix for better stability that also 

prevented biodegradation. The overall diameter of the nanoparticles was approximately 200 nm, 
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whereas the volume fraction of magnetite within a composite particle is 80%. For different flow 

rates, effluent was collected at the outlets once all the solution has passed through the 

microchannel. The volume collected at the outlet was regularly verified to confirm the equal 

flow rates in the microchannel.  

The concentration of MNPs solution in the effluent was estimated from in-house determined 

calibration curve. The calibration curves were generated from original stock of MNPs solution 

diluted to different concentrations. A dynamic slight scattering instrument (Malvern Zetasizer 

Nano S, UK) was used. The Zetasizer Nano S measures the intensity of scattered light of various 

concentrations of sample at one angle; this is compared with the scattering produced from a 

standard (i.e. Toluene). In general, Zetasizer is used to measure the size of molecules but also the 

count rate can be used as a method of determining the relative concentration of a sample of 

stable size—as the count rate goes down, so does the concentration. While the Zetasizer software 

does not automatically spit out an estimated sample concentration from the count rate, it is 

actually a fairly stable value for the same sample over time, and therefore is used in this work as 

an estimate of concentration.  Power law calibration curve of scattering intensity (kilocounts per 

second, kcps) versus concentration of magnetic nanoparticles (mg/ml) were obtained for 200nm 

particles (R
2
=0.9908) .  In order to obtain capturing efficiency (CEexperiment) of the system under 

various condition of magnetic field strength and flow rate, the outlet sample from the effluent 

was taken in cuvette and placed in Zetsizer to obtain unknown scattering intensity (kcps) of the 

sample.  Calibration curve was used to convert the scattering intensity into concentration 

(mg/ml). Since the inlet concentration of MNPs was known, capturing efficiency was calculated 

by subtracting the ratio of outlet to inlet concentration from 1. 
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4.2.2.3 Numerical Model 

A finite element mathematical model was implemented keeping the following objective in mind; 

i) to investigate the interaction of external magnetic field with the flow of magnetic 

nanoparticles, ii) to predict and validate the experimental proof-of-concept study, and iii) to  

implement a novel idea in the system for enhancing the performance. The two-dimensional 

geometrical representation of a microfluidic channel with a permanent magnet as used in 

experiments is shown in Figure 4.7d.  It was assumed that the mass transport variation under the 

influence of magnetic field will be negligible in the direction perpendicular to the x-y plane due 

to high aspect ratio [214] of the system modeled. This will reduce the 3D geometry to a 2D 

thereby significantly decreasing the computational overhead. Moreover, a 2D model will serve as 

a simple, fast, and relatively accurate guideline for designing and optimizing magnetic 

microfluidic systems for bioseparation.  

The 2D model geometry as shown in Figure 4.7d consists of a microchannel which is 500 µm 

wide and 75mm long. A magnetic field assembly comprising of a 0.75 x 0.75 inch square 

neodymium magnet is placed closed to the microchannel with one of its edge very close to the 

microchannel. This geometry is chosen to represent the system 8 (see Table 4.1) magnetic field 

assembly. The magnetic nanoparticles are assumed to be dispersed in the water and flow from 

right to left.  The transport of a magnetic nanoparticle in a carrier fluid (eg: water) is governed by 

the following major factors including a) the magnetic force, arising from magnetic field and 

strong magnetic field gradient created from external permanent magnet, b) the viscous drag, due 

to movement of magnetic nanoparticles with respect the surrounding fluid,  (c) fluid-particle 

interactions, due to perturbations produced in the flow field , (d) gravity/buoyancy, (e) thermal 

kinetics (Brownian motion), and (h) inter-particle effects.  In the experimentation a low 
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concentration of MNPs was used therefore particle/fluid interactions and inter-particle effects 

were neglected in the analysis. Moreover, the size of MNPs was extremely small (~200nm) 

therefore gravity effects were neglected but Brownian motion [214] was included by 

incorporating a drift-diffusion equation for simulating the behavior of a concentration of 

magnetic nanoparticles.  The equations and theory developed are based on Navier-Stokes 

equations for solving flow field of carrier fluid (in this case it is assumed water), drift diffusion 

equation for mass transport of MNPs, and Maxwell‘s equations to predict magnetic field and 

magnetic force in the microchannel. The model basically solves the Maxwell‘s equation for a 

static magnetic field. The computed magnetic force is coupled to fluid flow by using the 

magnetic volume force term acting on the nanoparticles in the Navier-Stokes equations, which 

accounts for the momentum transfer from the MNPs to the fluid (particle-fluid interaction). A 

drift-diffusion equation was used to predict the nanoparticle concentration which was dependent 

on flux contributions from diffusion, advection, and magnetic force-based migration. The 

detailed explanation of the equations and theory used in the model are described in the following 

sections. 

1.1.1.1. Magneto-Static Equations 

 

The static magnetic field is calculated using Maxwell-Ampere‘s law given by; 

JH                                                                                                                                    (4.1) 

Where H is the magnetic field vector ( mA / ) and J  is the current density vector ( 2/ mA ), 

According to Gauss law for magnetic flux density, B ( 2/ mVs )  

0 B                                                                                                                                      (4.2) 

In order to describe a relation between B and H , a constitutive relation given by the following 

equation is used in the model. 
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)( MHB                                                                                                                              (4.3) 

Where,   is the magnetic permeability and M  is the magnetization vector. The magnetic 

permeability can also be expressed as r0  where r  is the relative permeability of magnet ( r

=1) and is assumed to be constant in all the simulations and 0  is the permeability in vacuum (

27

0 /104 AN  ). A magnetic vector potential A  is described [180] according to the 

following equation 

0;  ABA                                                                                                                    (4.4) 

After substitution of Eq. 4.4 in Eq. 4.1, 4.2, and 4.3, the following vector equation is obtained; 

JMA
r













0

1
                                                                                                       (4.5) 

It is assumed that the magnetic vector potential has a nonzero component only perpendicular to 

the plane zA  which basically simplifies the 2D and it has perpendicular current equals to zero. 

Based on these assumptions Eq. 4.5 simplifies to following equation; 

0
1

0











 MA

r
                                                                                                        (4.6) 

Given the magnetic field,

 

H  obtained using Eq. 4.6, magnetic force that is exerted on the 

magnetic nanoparticles is calculated using the following equation [180]: 

 HHVNF MNPrdm  0)1(

                                                                                            

(4.7) 

Where, dN
 
is the demagnetizing factor (0.33 for a sphere), M NPV  is the volume of a magnetic 

nanoparticles, and   is the ratio of iron oxide content which is 0.8 for the magnetic 

nanoparticles used in this work. 
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4.2.2.3.1 Boundary Conditions 

A magnetic insulation boundary condition ( 0zA ) was applied along the system boundary. 

4.2.2.4 Fluid Flow Equation 

The magnetic nanoparticles (MNPs) were assumed to be dispersed in the fluid of viscosity   (



103kg/m  s) and density   (
33 /10 mkg ) equal to that of water. The aqueous solution of MNPs 

is injected into the microchannel with a parabolic velocity. The magnetic force acting on MNPs 

due to external magnetic field transfers momentum to the surrounding fluid leading to a 

disturbance in flow profile of carrier liquid. The flow velocity u for this incompressible fluid (

0 u ) is described using Navier-Stokes equation, 

  VolFupuu
t

u




 2                                                                                        (4.8) 

Where, 𝑢 is the carrier fluid velocity field ( sm/ ), p is the pressure ( 2/mN ), and VolF  is the 

volume force ( 3/mN ). The momentum transfer from MNPs to the fluid is incorporated by 

setting the volume force term equal to the magnetic force acting on a single MNP multiplied with 

MNP number density,  , which is the number of MNP per unit volume. Therefore, the volume 

force acting on fluid is given by; 

mVol FF 
                                  

(4.9) 

Eq. 4.9 couples the fluid flow equation with the magnetic field equation and depends on the 

instantaneous concentration of MNP solution in the microchannel, which is described in more 

detail later section. MNP number density ( ) is calculated using Eq. 4.10. 
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(4.10) 
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Where, C is the concentration of MNPs ( M ),
43OFeM  is the molar mass of Fe3O4 ( molg / ), m  

is the density of MNPs (
3/ cmg ), and pd  is the diameter of MNPs ( cm ). It is also assumed that 

there is no particle-particle interaction (e.g.: Van der Waals forces) and even the sedimentation 

effects will have negligible influence on the overall mass transport due to extremely small size of 

MNPs. 

4.2.2.4.1 Boundary Conditions 

The flow of fluid at the inlet is assumed to be parabolic and moves in the direction of x-axis with 

zero velocity in y-direction. The average flow velocity of carrier fluid is 0u . No slip condition 

(u = v = 0) is applied along the walls of microfluidic system and at the outlet, pressure 

condition is set equal to zero. 

4.2.2.5 Drift-Diffusion Equation 

The spatial and temporal variation of the MNP solution inside the microfluidic channel is 

described using the drift-diffusion equation where Brownian motion due to extremely small size 

of nanoparticle was also taken into account [180] Specifically, C  the concentration of MNP 

solution is governed by the following equation [180],  

0



J

t

C
                                                                                                                          (4.11) 

Where AD JJJ   is the total flux of nanoparticles, which includes a contribution from 

diffusion, CDJ D  , and a contribution CuJ pA  , due to the advection of the nanoparticles 

under the influence of applied forces. The drift velocity pu  of MNPs is obtained using classical 

Newtonian particle motion equation [19] as described below. 

Dgm

p

p FFF
t
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(4.12) 



202 
 

In the limit of negligible inertia ( 0




t

u
m

p

p ) and zero gravitational force, 
gF

,
 equation 12 

results in Eq. 4.13, 

0 Dm FF
                                                                                                                             

(4.13) 

Where mF and DF  are magnetic and drag forces respectively. According to Stokes‘ law of 

viscous drag,  uurF ppD  6
,
 where pu  and pr

 
is the MNPs velocity and radius 

respectively,
 
u  is the fluid velocity of viscosity   ( smkg  /10 3

). Therefore, from Eq. 4.13, 

  06  uurF ppm 
                                                                                                            

(4.14) 

Since the mobility of the particle is given by pr 61/ Eq. 4.14 can be re-written as;  

mp Fuu 
                                                                                                                             

(4.15) 

Substituting Eq. 4.15 in flux, AJ  Eq.4.11 can be re-written as; 

  CFCuCD
t

C
m 




2

                                                                                               (4.16) 

Where diffusion coefficient D  is calculated using Nernst-Einstein relation kTD   

4.2.2.5.1 Boundary Conditions  

An initial unmixed concentration of MNP solution is injected into the microchannel on the right 

boundary. Convective flux is set at the outlet boundary on the left, keeping insulation/symmetry 

in all the other boundaries.  

4.2.2.6 Numerical Simulation 

A finite element software package, COMSOL
TM 

was used to solve the partial differential 

equations described above in the model. The model consisted of one geometry and three 

application modes including magnetostatics to obtain static magnetic field produced by the 
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permanent magnet, incompressible Navier-Stokes to predict velocity profile of carrier fluid, and 

convection diffusion to simulate spatial and temporal variation of the MNP solution inside the 

microfluidic channel. The meshing around the geometry was around 10 μm except for the 

channel inlet and outlet where more fine elements (1 μm) were used in order resolve the domain.  

The model was solved in two steps using two different solvers. First the magnetic field and 

magnetic forces generated due to permanent magnetic was solved using the magnetostatic 

application mode with a non-linear solver and then a time-dependent solver was used to solve 

incompressible Navier-Stokes application mode together with convection diffusion equation.  

4.2.2.7 Capturing Efficiency (CEnumerical) 

Magnetic nanoparticle concentration rate (mg/s) at the inlet and outlet of the microchannel was 

computed using the total normal flux (mg/m.s) multiplied by the cross-section length of the 

channel at the inlet and outlet. In order to obtain the incoming (
inM ) and outgoing mass ( o u tM ) 

of magnetic nanoparticles, a numerical integration method (trapezoidal rule) was used to 

approximate the integral or the area under a curve of magnetic nanoparticle concentration rate 

(mg/s) versus time. Capturing efficiency was later obtained using the following equation; 
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(4.17) 

4.2.3 Results & Discussion 

4.2.3.1 Magnetic field measurements 

Prior to more detailed parametric investigation, magnetic field strength for different permanent 

magnet assembly (see Table 4.1) was computed using the numerical model described for 

magneto-static equation in section 4.2.2. The magnetic flux density calculations were also 

validated using the well developed analytical expressions given by Furlani et al. [208].  
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Figure 4.8 Calculated Magnetic Flux density at center of microchannel along the length of the microchannel, and (b) 

shows the magnetic flux density in the region of interest (ROI) for different magnetic systems. 

 

The numerical results agree very well with the analytical solution and the range of magnetic flux 

density (0.12-0.2 Tesla) computed using the numerical model for different magnetic system 

assembly was also almost of same order of magnitude as reported in real microfluidic devices 

[37, 47, 139]. Computed Magnetic flux density at the center of microchannel along the x-axis for 

different magnetic system assemblies are given Figure 4.8. It can be seen that system 2 and 

system 6 produced maximum magnetic field with system 4 producing the least amount inside the 

microchannel. The magnetic field strength is dependent on shape, size, and grade of neodymium 

magnets used in the assembly. Systems 1-6 were placed 5mm away from microchannel and had a 

maximum energy product of 46 MGOe (N46 grade). Magnetic Systems 7-8 (not shown in Figure 

4.8) produced much higher magnetic field inside the microchannel and were comprised of single 
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0.75x 0.75 x 0.25 inch neodymium magnet placed very close to the micrchannel wall. These 

systems were made of higher grade neodymium magnet with a maximum energy product of 

52MGOe (N52 grade). Magnetic field strength was found to be maximum at the center of 

microchannel in the region of interest (ROI) and gradually diminishes near the inlet and outlet. 

In this work both a steady state and time-dependent operation of magnetic nanoparticle capturing 

process on a microfluidic platform were investigated. This simple setup employs an assembly of 

permanent magnets to attract nanoparticles in the microchannel continuously. The main design 

parameters of this multiphysics process are magnet field strength and gradient, magnetic 

nanoparticle size and properties; type of carrier fluid which translates to its viscosity and density, 

and most importantly microchannel dimensions. Based on the simple setup we have in this work, 

the operating parameters that were varied in this work are magnet field assembly which 

translates to magnetic field strength of the system, placement of permanent from microchannel 

and fluid flow rate. It is expected that these primary operating parameters can strongly influence 

the capturing process and were investigated. All experiments were conducted at room 

temperature and pressure with DI water and dilute magnetic nanoparticle concentrations.  

4.2.3.2 Effect of Magnetic System Assembly on MNP Capturing 

In this section the effect of magnetic field assembly on the capturing process is investigated.  

Magnetic system were assembled based on different sizes and shape of permanent neodymium 

magnet (see Table 4.1) and were placed near the lower wall of microchannel as seen in figure 1. 

The magnetic field strength of these systems were calculated based on numerical simulation and 

have been discussed in detail in section 4.2.2. In these experiments System 1-6 were only 

compared based on the capturing efficiency of MNPs as they were kept 5mm from the lower 

wall of the microchannel.  A 50 µL of MNPs solution with an initial concentration of 0.5 mg/mL 
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was injected at the inlet of the microchannel at a flow rate of 0.3 µL/s. The sample from the 

outlet is collected until all the solution has passed through the microchannel. It is taken in a 

cuvette and placed in Zetasizer to obtain unknown scattering intensity (kcps) of the sample.  

Previously determined calibration curve is used to convert the scattering intensity into unknown 

outlet concentration (mg/mL), which is used to compute the capturing efficiency of different 

magnetic system assemblies (System 1-6). Each experiment was performed in triplicates and 

average values together with standard deviation were reported.  Figure 4.9 illustrate the effect of 

magnetic system assembly on the capturing of magnetic nanoparticles. It can be seen that system 

2 and system 6 resulted in increased capturing of magnetic nanoparticles with capturing 

efficiency of 87% and 89.2 % respectively, whereas system 4 was not successful in capturing 

enough magnetic nanoparticles (CE~ 36.7 %) in the system. It can be seen that capturing process 

was not only dependent on the strength of magnetic field in the microchannel but also on the 

effective region in which the magnetic field was spread. For system 4 ( see Table 4.1) the 

effective width of the magnet assembly is only 0.375 inch and magnetic field intensity is 0.138 

T, therefore it produced  maximum magnetic force only in a small region and the  magnetic field 

decreased dramatically within -10mm <x<10 mm ( see Figure 4.8) from the magnet and reached 

a steady state.  
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Figure 4.9 Capturing Efficiency Analysis, (a) Comparison of capturing efficiency of different magnetic systems, (b) 

Magnetic Flux density versus capturing efficiency plot shows that magnetic systems producing high magnetic flux 

density in the microchannel have higher efficiency for trapping MNPs. 

 

This resulted in less capturing of magnetic nanoparticles in the system. Moreover, effective 

width across x-axis for system 3 increased to 0.5 inch, which resulted in more capturing of 

MNPs as compared to system 4. For system 5 the effective width (~0.375 inch) was same as 

system 4 but due to addition of a square magnet of 0.75 x 0.75 inch at the bottom of assembly a 

slightly increase in capturing of MNPs was observed.  It can also be seen from Figure 4.9b that 

capturing efficiency was also largely dependent on the magnetic flux density produced within the 
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microchannel. A higher magnetic flux density over longer range will translate into maximum 

magnetic force that can be obtained in the microchannel and will result in more capturing of 

magnetic nanoparticles. Based on this analysis system 2 was selected to be used for other 

parametric investigations as it produced higher magnetic field strength over longer range. 

4.2.3.3 Effect of Flow rates and placement of magnets on MNP Capturing 

In this section the effect of inlet flow rate and placement of magnetic field assembly (system 2) 

on the capturing process is investigated.  Magnetic system 2 was initially placed at a distance of 

0 mm from lower wall of microchannel and later displaced by a distance of 5, 10, 15, and 20mm 

respectively. A 50 µL of MNPs solution with an initial concentration of 0.5 mg/mL was injected 

at the inlet of the microchannel at different flow rates and outlet sample was collected and 

analyzed using Zetasizer instrument. Five different flow rate conditions were used for each 

position of magnetic system assembly. Capturing efficiency was computed using the 

concentration values obtained at the outlet. It can be seen from Figure 4.10 that capturing 

efficiency increases with decrease in flow rates because decrease in flow rates will increase the 

residence time of magnetic nanoparticles in the microchannel which will allow the nanoparticles 

to diffuse more, and experience larger magnetic force as compared to drag force. This will result 

in more magnetic nanoparticles being captured in the microchannel. It can also be seen from 

Figure 4.10b that as we move the magnetic system away from microchannel, the effective 

magnetic force acting on the MNPs will decrease, which will lead to lesser capturing of magnetic 

nanoparticles.  
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Figure 4.10 (a) Variation of capturing efficiency of MNPs with flow rate of MNPs and distance of magnet from the 

lower wall of microchannel, and (b) 3D plot gives the guideline for obtaining higher capturing efficiency. A lower 

flow rate and magnet being closer to the microchannel is desirable. 

 

The effect of displacing the magnetic system away from the microchannel is more prominent at 

higher flow rates where magnetic nanoparticles follow the convection dominated regime and 

effective magnetic force acting on the magnetic nanoparticles is not enough to overcome drag 

force and cause capturing. Figure 4.10b provides a general guideline based on these experiments 

for effectively increasing the capturing efficiency. It can be seen that a lower flow rates and 
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magnetic system being more close to the microchannel is always desirable. In case that higher 

flow rates are needed to increase throughput, then choosing a system with higher magnet field 

strength in a longer range will be required. 

4.2.3.4 Qualitative Capturing Analysis of MNPs 

In this section qualitative analysis of the motion magnetic nanoparticles is performed with the aid 

of optical imaging using the digital microscope (Celestron 44340, Celestron Inc., USA). The 

translational stage of the microscope was used to place the microfluidic channel together with 

magnetic system assembly. Magnetic system 2 and 6, described earlier in the section were 

compared with magnetic system 7 and 8 (see Table 4.1.).  The objective of camera acquired 

sequential images of the flowing magnetic nanoparticles at different times and transferred it to a 

computer for data acquisition. Image acquisition was performed using ImageJ software (NIH, 

USA) from the region of interest (ROI) under bright field lightning condition. A 50 ul of 

magnetic nanoparticle solution with a concentration of 0.5 mg/mL was injected from inlet at a 

flow rate of 0.3uL/s. It can be seen from Figure 4.11a that magnetic nanoaprticles get captured 

near the magnetic system assembly on the lower wall of the microchannels. As the time progress 

more and more MNPs get captured. From the pixel intensity curve (see Figure 4.11b) magnetic 

system 7 and 8 shows higher percentage of MNPs capturing as compared to system 2 and 6.   

The reason for more trapping of MNPs was due to the fact that system 7 & 8 comprised of much 

higher grade Neodymium magnet (N52) which produced relatively higher magnetic field 

intensity inside the microchannel and they were placed closer to microchannel wall. Moreover, 

by placing Neodymium magnet (N52) with edge close to microchannel wall (system 8) a slightly 

higher magnetic field strength together with more focusing of magnetic force was obtained. This 

eventually resulted in increased capturing of MNPs.  
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Figure 4.11 (a) Micrograph of Magnetic Nanoparticle capturing experiments in the region of interest (ROI) at 

different times for four different magnetic systems, i) system 2, ii) system 6, iii) system 7, and iv) system 8. 

Magnetic systems were placed near the lower wall of the microchannel. Systems 2 & 6 were placed at 5mm from the 

wall whereas Systems 7 & 8 was placed adjacent to the wall (0 mm), and (b) Pixel Intensity of the captured 

magnetic nanoparticles in ROI after 25s shows that system 8 has the highest amount magnetic nanoparticles 

captured in the microchannel. 

 

From the analysis, it was found that system 8 produced the best results as overall it is easier to 

use higher grade Neodymium magnet and simple to assemble in the microfluidic setup when 

compared to system 2. 
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4.2.3.5 Numerical Simulation and Experimental Validation  

To predict the dynamics of magnetic nanoparticle capturing and understand the underlying 

physics affecting the process, a finite-element COMSOL-based mathematical model was 

developed as described in section 4.2.2. Numerical simulations were performed for magnetic 

microfluidic system 8. 0.5 mg/ml of magnetic nanoparticles were injected at the inlet under 

varying flow rate conditions.  The results were compared and validated with experiments 

performed using similar magnetic system assembly. Figure 4.12 shows the simulated magnetic 

nanoparticle concentration rate (mg/s) at the inlet and outlet for different flow rate conditions. It 

can be seen that at lower flow rate (~0.3µl/s) most of the nanoparticles gets trapped in the 

microchannel as a results only a small percentage exits the system. As the flow rate is increased 

more and more magnetic nanoparticles comes out of the microchannel. Similar observation was 

made in the experiments. At higher flow rates drag forces acting on the magnetic nanoparticles 

dominates when compared to magnetic forces as a result it is expected that more nanoaprticles 

will leave the system and will not get trapped. In order to validate the numerical prediction, 

experiments were performed as described in previous section using magnetic system 2 and 8 

assembly for different flow rate conditions. A concentration 0.5 mg/ml of magnetic nanoparticles 

was injected into the microchannel and Zetasizer instrument was used to compute concentration 

exiting the system and finally the capturing efficiency. Magnetic system in both the scenarios 

was kept close to the microchannel (~0mm). Figure 4.13 gives the qualitative comparison 

between experiments and numerical simulation for capturing of magnetic nanoparticle flowing at 

1µl/s inside the microchannel.  
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Figure 4.12 Simulated magnetic nanoparticle concentration rate (mg/s) at the inlet and outlet of the microchannel for 

different flow rate conditions. Magnetic system 8 with MNPs concentration of 0.5 mg/ml was used in the 

simulation. 
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Magnetic system 8 was used in both experiments and numerical simulation. The results agree 

very well except for the fact that model did not account for the migration of magnetic 

nanoparticle along the lower wall of microchannel after they have been trapped.  

 
Figure 4.13 Qualitative comparison of experiments and numerical simulation for capturing magnetic nanoparticle 

flowing at 1µl/s inside the microchannel using magnetic system 8. Initial concentration of 0.5mg/ml was injected in 

the system from the right. 

 

This obvious behavior could be due to particle-particle and particle-wall interaction, which 

makes some of magnetic nanoparticles leave the area of trapping and follow convective along the 

microchannel wall. Both particle-particle and particle-wall interaction was considered negligible 

in the simulation. Overall, the model was successful in predicting the spot or region where 

majority of magnetic nanoparticles were captured in the microchannel. Figure 4.14 gives the 

quantitative comparison of capturing efficiency of magnetic nanoparticles for both experiments 

and numerical simulation. It can be seen that numerical predictions were very close to 

experimental results. Slightly lower values were predicted by the mathematical model, this could 

be due to the incorrect magnetic force term in the model which did not take in account the 

surrounding medium that can very well influence magnetic field strength. Overall, the numerical 
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prediction followed the same trend as the experimental results with capturing efficiency 

decreasing for higher flow rate conditions. 

 

Figure 4.14 Comparison of experimental and theoretical results for capturing of magnetic nanoparticles under 

varying flow rate conditions. Initial concentration of MNPs injected at the inlet was 0.5mg/ml. 

 

4.2.3.6 Numerical Prototype & Optimization 

In this section the advantage of synchronizing numerical simulation with a simple low cost 

experimental proof-of-concept is highlighted. Numerical prototype and simulations can readily 

serve as ―virtual experiments‖ and are used in this work to identify key design parameters and 

improve the functional performance of current magneto-fluidic capturing systems. It can be seen 

from previous experimental as well as theoretical results that the magnetic field strength, its 

orientation, effective range and magnetic field gradient are very important factors that influence 

the capturing of magnetic nanoparticles. Therefore, in order to enhance the performance 

magnetic field gradient was changed by placing a grooved iron bar on the opposite wall of the 
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microchannel as seen in Figure 4.15. The bar was 1mm wide and 4mm long with 8 grooves of 

about 0.25mm in diameter.  

 

Figure 4.15 Simulated magnetic field intensity in Tesla (a) Magnetic System 8 (i) 2D surface plot of Magnetic field 

Intensity, (ii) Magnetic field intensity along the x-axis in the center of microchannel(y=0) , and b) System 8 with 

iron grooved bar (i) 2D surface plot of Magnetic field Intensity, (ii) Magnetic field intensity along the x-axis in the 

center of microchannel(y=0) 

 

In order to analyze the effect, virtual simulation were done and compared with base system 

comprising only of magnetic system 8 assembly. From Figure 4.15, we can see that by placing 

the groove structure the magnetic flux density increased from 0.85 to 1.05 Tesla (see Figure 

4.15a(ii) & Figure 4.15b(ii)) at the center of microchannel. It can also be seen the magnetic field 

was more focused in the region of interest where magnetic nanoparticle are expected to be 

trapped. Figure 4.16 illustrate the effect of placing grooved iron bar on the inlet and outlet 

concentration rate of magnetic nanoparticles computed using the mathematical model. Initially, 
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0.5 mg/ml of MNPs were injected into the system at a flow rate of 1µl/s. It can be seen that more 

magnetic nanoparticles gets trapped (see Figure 4.16b) when grooved iron bar is placed in the 

vicinity of microchannel since the outlet concentrate rate was decreased when compared to 

system without grooved structure.  

 

Figure 4.16 (a) Simulated magnetic nanoparticle concentration rate (mg/s) at the inlet and outlet of the microchannel 

for Magnetic system 8 with and without grooved-iron bar in the vicinity of microchannel. MNPs concentration of 

0.5 mg/ml was used in the simulation, (b) Capturing efficiency computed based on incoming and outgoing mass of 

magnetic nanoparticles for both the system. 

 

This proves that presence of grooved iron, close to the microchannel is able to induce a large 

magnetic field gradient which translates into an enhanced magnetic force on the magnetic 

nanoparticles. Capturing efficiency was computed as described in previous section and it was 
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found that there was 12% increase in trapping magnetic nanoparticles flowing at 1µl/s when 

grooved-iron bar was placed in vicinity. This strategy is very useful in enhancing the 

performance of magnetic microfludic system in scenarios where higher flow rates conditions are 

required. Despite the successful demonstration of incorporating iron structure in the setup for 

magnetic nanoparticle capturing process, one should note that the current system can further be 

optimized in a number of ways.  Other improvements which can be done to further enhance the 

device performance are parameters such as the geometries of the main channel as well as the 

flow rates for the carrier fluid, magnetic system assembly. These parameters are critical in 

dictating the resulting capturing efficiency and can very well be optimized using mathematical 

tool before implementing in the fabrication process and device development. Overall, the 

numerical simulation was helpful in testing one of the hypotheses without actually performing 

the experiments and identifying the key design parameters that will be very useful in enhancing 

the functional performance of magneto-fluidic capturing systems. 

4.2.4 Conclusion 

In this work, a simple, low cost and generic microfluidic platform is developed to study the 

dynamics of magnetic nanoparticle capturing process in microfluidic channel. Compared to the 

conventional MEMS fabrication technology, microfluidic channels were fabricated using a novel 

micromolding method that can be done without a clean room and at much lower cost and time. 

Proof-of-concept experiments were combined with finite element simulation based on drift-

diffusion model to enhance the performance of the magnetic microfluidic system.  Parametric 

investigations using both experiments and theoretical predictions were performed. It was found 

that flow rate and magnetic parameters influence the transport magnetic nanoparticles in the 

microchannel and control the capturing efficiency.  Mathematical model was validated using the 
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experimental results and was further used to enhance the performance of the capturing process 

by introducing an iron-grooved bar in the virtual simulations. Overall, this work demonstrated 

that a simple low cost experimental proof-of-concept setup can be synchronized with advanced 

numerical simulation to design and improve the functional performance of magneto-fluidic 

bioseparation systems.  
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4.3 Investigation of magnetically actuated separation using tangential microfluidic channels 

and magnetic nanoparticles 

 

4.3.1 State of the Art 

Biomolecular separation using microfluidics technology involves capture, isolation, and release 

of target biomolecules from impure samples. It is used for purification, pre-concentration, and 

detection of biomolecules[45, 47], proteins[48, 172], DNA[31, 50], and cells[52, 126, 145, 243, 

244] in clinical diagnostics, drug discovery, and microbiology. There are a number of techniques 

currently available on microfluidic platforms for particle separation, such as Electrophoresis 

[245, 246] and dielectrophoresis [247], size-based separation [132, 238, 248] , pinched flow 

fractionation [249, 250], acoustic separation[236], inertial separation [235, 251], and magnetic 

bioseparation[52, 131, 228, 252-255]. Among these techniques, magnetically actuated methods 

seem to be very promising because of the simplicity of design and ease of operation. This 

method utilizes surface-functionalized magnetic particles to trap target biomolecules through 

specific chemical binding followed by separation using magnetic manipulation. Magnetic 

bioseparation technique is dependent on the interaction of chemical bonds and therefore allows 

highly specific and selective biomolecular separation when compared to other techniques that 

rely on geometrical or physical properties of the species. Most of the magnetic bioseparation 

systems developed on microfluidic platform are based on magnetic micro-sized particles [29, 41, 

47, 52, 147], however less intensively studied in microfluidic bioseparation[61, 62, 256] scheme 

are the emerging nanoscale magnetic particles. Compared with microparticles, nanoscale 

materials possess better properties that can be advantageously deployed in microfluidic devices. 

Higher surface to volume ratio [37] makes magnetic nanoparticles nearly ideal for the 

manipulation and detection of attached biomolecules [61, 207]. For example, it has been shown 
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that functionalized magnetic nanoparticles (MNPs) have enhanced detection of small molecules 

using Surface Plasmon Resonance (SPR) Spectroscopy[240]. MNPs have extremely small size as 

such they causes minimal disturbance to attached biomolecules [37] as well as provides 

enhanced interaction for chemical binding and tagging. Most importantly they are super-

paramagnetic in nature [37] , i.e., their magnetization without a magnetic field is zero. The super-

paramagnetic nature ensures that they stay suspended in carrier liquid when the magnetic field is 

removed. Unlike micrometer-sized particles, these particles do not irreversibly agglomerate or 

precipitate and can be repeatedly used subjected to magnetic fields of varying strength without 

causing any adverse effects. This also makes it easy for the removal or capture of tagged 

biomolecules of interest once the magnetic field is removed. Overall, the inclusion of magnetic 

nanoparticles in microfluidic devices for biomolecule separation, manipulation, and detection 

will not only enhance the device functionality and separation performance but also broaden the 

utility of these devices in real world applications. Separation of biomolecules using magnetic 

field actuation can be done either in conventional batch process or in continuous flow mode 

[133, 138, 208, 213]. In the batch process [243, 255, 257] magnetic particles tagged with target 

biomolecules are trapped or retained using magnetic field and subsequently released, after the 

removal of non-targets. A number of devices have been developed with various magnet designs 

[41, 42, 45] to accomplish magnetic bioseparation. Useful batch mode operation suffers from 

low separation efficiency, longer incubation and handling time, and, resulted in significant 

contamination due to nonspecific binding of impurities with magnetic beads[258]. More 

importantly, their incorporation in point-of-care microfluidic testing devices will require more 

complicated multi-step fluidic handling. On the other hand, continuous flow magnetic 

bioseparation processes overcome the above limitations because they employ magnetic 
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fractionation, i.e., continuous accumulative deflection of magnetic particles tagged to 

biomolecules. This method does not require multistep fluidic handling; Moreover higher 

magnetic field is also not a requisite because the process only depends on deflection rather than 

on complete trapping of magnetic particles. Continuous flow magnetic bioseparation can be 

distinguished into two types, one in which electromagnets or magnetic microstrips typically of 

alloy or ferromagnetic materials, are integrated on the device substrate to generate a magnetic 

field gradient that deflects magnetic beads [131, 253, 259-261] Substantial cost and effort is 

required to design and fabricate these systems. Alternatively, in the second type, a simple 

external permanent magnet assembly is used that provides greater flexibility and simplicity in 

device design to achieve higher magnetic field assisted bioseparation[262].  Development of 

continuous flow magnetic bioseparation scheme together with a simple low cost approach for 

selective injection or removal of biomolecules bound to magnetic nanoparticles is highly 

desirable to complement existing microfluidic technology available for bioseparation. 

To circumvent this, a simple, low cost and generic microfluidic platform is assembled to 

demonstrate continuous flow magnetic bioseparation using tangential microfluidic channels and 

magnetic nanoparticles (MNPs). A major innovation of this setup lies in the fabrication of 

tangential microchannel which act as magnetic microfluidic switch to manipulate flows 

containing magnetic nanoparticles and can accomplish efficient bimolecular separation. Standard 

molding process combined with a novel rapid prototyping method is used in this work to develop 

low cost polydimethylsiloxane (PDMS) microchannel. The fabrication method used in this work 

circumvents the requirement for a clean room. It also eliminates the combination of two pieces of 

element, such as in standard fabrication method where negative or positive stamp on PDMS are 

combined with glass or silicon using plasma as a result eliminates the problem of leakage.  In 
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this work continuous switching/separation of magnetic nanoparticle in a sub-microliter fluid 

volume surrounded by neodymium permanent magnet is studied. On the basis of MNPs 

concentration measurement using optical technique, separation efficiency is analyzed for 

scenarios with and without magnetic field. Separation performance of the setup is also studied 

for a mixture containing non-magnetic polystyrene (PS) particles and magnetic nanoparticles 

(MNPs). Effect of flow rate on continuous flow separation of MNPs in tangential microchannel 

is also investigated. This work demonstrates that a simple low cost magnetic switching scheme 

using tangential microchannel together with MNPs can be potentially of great utility for 

separation and detection of biomolecules and cells in lab-on-a-chip systems and can further 

improve the functional performance of magneto-fluidic bioseparation systems. 

4.3.2 Materials & Methods 

4.3.2.1 Microchannel Fabrication 

Low cost rapid micromolding technique was used to develop 75mm long and 800µm diameter 

tangential microfluidic channels. The steps used in fabricating the microchannels are shown in 

Figure 4.17. The first step in preparing these channels involved development of mold which was 

prepared using aluminium wires each of 800µm diameters. The wires were placed in the center 

and approximately at half the depth of the empty Petri dish such that they overlap each other at 

an angle of 30
0
. In order to that, small holes were drilled using the stainless steel syringe which 

was later closed using adhesive tapes. It was also made sure that they touch each other 

approximately at the center.  Polydimethylsiloxane (PDMS) (Sylgard 184, Dow Corning, USA) 

with a base and curing agent mixed in a ratio of 10:1 was poured onto the mold and was 

degassed to remove any bubbles using desiccators. The uncured PDMS was baked in an oven (65 

°C) for 1 h.  The final step was to peel off the cured-PDMS containing the aluminum wires from 
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the Petri dish. The sides of the cured PDMS were cut using a razor blade, leaving a significant 

amount of the wire exposed outside. With the help of pliers the wires were carefully removed. To 

make this process easier, the microchannel were washed with acetone which swelled the PDMS 

and expanded the channels prior to pulling out the wires. An internal access area was created at 

the center of overlap where the wires touched each other making the only connection between 

two microchannels. The microchannels were then connected with the tygon tubing using the 

stainless tip obtained from microsyringe. The tip was inserted into the microchannels to make 

leakage free connection.  

 

Figure 4.17 Fabrication step used in developing leak-proof microfluidic channels. 

 

4.3.2.2 Microfluidic System Setup 

A simple experimental set-up to carry out magneto-hydrodynamic experiments is shown in 

Figure 4.18. As shown in the figure, the microfluidc channels are connected with inlet and outlet 

via flexible tygon tubing. Lower microchannel inlet (LT1) is used to transport magnetic 

nanoparticle solution whereas DI-water flows from the upper channel inlet (UT1).  In order to 
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provide leak free connections a microsyringe tips made of stainless steel are embedded into the 

microchannel inlet/outlet for secure connections between the flexible tubes and the microfluidic 

chip.  

 

Figure 4.18 Experimental Setup of magnetic field based bio-separation using tangential microchannels and magnetic 

nanoparticles. Inset shows the close-up of tangential microchannel with neodymium magnet where magnetic field 

forces are focused in order to switch the path of magnetic nanoparticles. 

 

A differential pressure drop is maintained inside the channels by connecting the outlet of the 

microchannels (LT2 & UT2) to peristaltic micropump (P625 Peristaltic Pump, Instech, USA) 

using an in house developed PDMS T-shaped connector. Flow rate were varied using the 

precise-bi directional speed controller on the pump. This simple method allows for a good 

control of the flow in the channels in suction mode. An upward magnetic pull force was obtained 

using permanent neodymium magnets (KJ Magnetics, USA) as shown in Figure 4.18(inset) near 

the access hole where the upper microchannel was connected to the lower microchannel. Optical 

images of the bio-separation experiments at different time points were obtained using the digital 

camera (Sony Cyber Shot DSC-W530, Sony Electronics Inc., USA). Magnetic nanoparticles 
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(MNPs) of 200nm diameter (fluidMAG-ARA Chemicell GMBH, Germany) with a concentration 

of 1mg/ml were transported through lower inlet. The magnetic nanoparticles consisted of an 

inner core made up of magnetite (Fe3O4) crystals of approximately 12 nm diameter, was 

embedded in a biocompatible polysaccharide matrix for better stability that also prevented 

biodegradation. The overall diameter of the nanoparticles was approximately 200 nm, whereas 

the volume fraction of magnetite within a composite particle is 80%. For different flow rates, 

effluent was collected at the outlets once all the solution has passed through the microchannels. 

The volume collected at the outlet was regularly verified to confirm the equal flow rates in both 

the microchannels. The concentration of MNPs solution in the effluent was estimated from in-

house determined calibration curve. The calibration curves were generated from original stock of 

MNPs solution diluted to different concentrations. A dynamic slight scattering instrument 

Zetasizer Nano S (Malvern Zetasizer Nano S, UK) was used. The Zetasizer Nano S measures the 

intensity of scattered light of various concentrations of sample at one angle; this is compared 

with the scattering produced from a standard (i.e. Toluene). In general, Zetasizer is used to 

measure the size of molecules but also the count rate can be used as a method of determining the 

relative concentration of a sample of stable size—as the count rate goes down, so  does the 

concentration. While the Zetasizer software does not automatically spit out an estimated sample 

concentration from the count rate, it is actually a fairly stable value for the same sample over 

time, and therefore is used in this work as an estimate of concentration.  Power law calibration 

curve of scattering intensity (kilocounts per second, kcps) versus concentration of magnetic 

nanoparticles (mg/ml) were obtained for 200nm particles (R
2
=0.9908) (see Figure 4.19).  In 

order to obtain the concentration of magnetic nanoparticles coming out of the system under 

various condition of flow rate, the outlet samples from the effluent was taken in cuvette and 
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placed in Zetasizer to obtain unknown scattering intensity (kcps) of the sample.  Calibration 

curve was used to convert the scattering intensity into concentration (mg/ml). Since the inlet 

concentration of MNPs was known, percentage of magnetic nanoparticles separated was 

calculated. 

 

Figure 4.19 Calibration Curve obtained for MNPs using scattering intensity obtained from Zetasizer Nano S. Inset 

shows different concentrations of MNPs used in generating calibration curve. 

 

4.3.3 Results & Discussion 

4.3.3.1 Qualitative and Quantitative Analysis of MNPs Separation 

Magnetic manipulation and switching of nanoparticles between two flow streams is a 

complementary way of separating biomolecules or cells in microfluidic devices when these 

biomolecules are tagged with nanoparticles. It is based on the attraction of the nanoparticles 

tagged biomolecules to regions with higher magnetic field intensity. In this section qualitative 

analysis of the switching or separation of magnetic nanoparticles is performed with the aid of 

imaging using a digital camera. The setup of the experiment is already described in previous 
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section. In order to examine magnetic nanoparticle movement within magnetic fields tangential 

PDMS microchannel were fabricated using a simple and inexpensive benchtop fabrication 

method as described earlier.  

 

Figure 4.20 Flow of MNPs in the tangential microchannel in the absence of magnetic field.  100 µl of MNP solution 

having a concentration of 1mg/ml was injected in the lower microchannel. It can be seen that no switch takes place 

in absence of magnetic force and MNPs enter and exit from lower channel. 

 

It has been shown by Ismagilov et al. [68, 263] that the flow fields in tangential microchannels 

are independent of the contact area but strongly depends on the channel aspect ratio. A too low 

aspect ratio results in divergence of fluid from one channel into another channel, whereas at 

higher aspect ratio fluid exchange is minimal and fluid largely continues through the intersection 

within the same fluid stream.  To minimize exchange of fluid between microchannels, we tested 
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many microchannels and found that microchannel with a diameter of 8µm produced best results. 

The Reynolds number used in the experiments remained less than 10 over the range of flow rates 

used (0.3-11 µL/s), and thus, the flow within the microchannels was always laminar.  To 

investigate the transport of magnetic nanoparticle solution in microchannels, we first examined 

the movement of the nanoparticles between the two tangential streams in the absence of any 

applied magnetic force. The flow rates of the two channels were same (~5 µL/s). A 100 µl of 

MNP solution having a concentration of 1mg/ml were injected in the lower microchannel 

whereas DI-water flow was maintained in the upper microchannel. The transport of MNPs was 

recorded after every 2s and it can be seen from Figure 4.20 that after 6s almost all the solution 

continues through the intersection within the same flow stream with very small amount of 

solution transferring to upper stream due to diffusion across the interface.  

In the next experiments, the movement of magnetic nanoparticles was investigated in the 

presence of magnetic field force. A Neodymium magnet (N52) was aligned on top of the 

intersection of the two microchannels such that the edge of the magnet is very close to 

intersection in order to provide maximum magnetic field force. The assembly of magnet is 

shown in Figure 1 and described in Table 4.1 in more detail. It was found that the distance 

between the intersection of the two microchannels and the edge of the neodymium magnet was 

approximately 2mm. The magnetic field intensity was computed using our in-house developed 

COMSOL
TM 

numerical code [252, 264] which were also validated using the well developed 

analytical expressions given by Furlani et al. [208]. The magnetic flux density at this distance 

was computed to be in the range of 0.6-0.8 T.  Mass transfer of 100 µl of MNP solution having a 

concentration of 1mg/ml entering the lower microchannel was recorded after every 2s.  
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Figure 4.21 MNPs switching between microfluidic channels using Neodymium magnet. (a) Snapshot of tangential 

microchannel at different times. Magnetic Nanoparticles were injected in the lower microchannel, and (b) Closeup 

of tangential microchannel after 18s shows that due to magnetic field force generated by neodyium magnet magnetic 

nanoparticles switches its path and comes out from upper microchannel. 
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It can be seen from Figure 4.21a, that after 6s the magnetic nanoparticles preferentially move 

upward due to the magnetic force acting on them near the intersection and flows with the upward 

stream. A significant amount of MNPs switching was achieved near the intersection that can be 

seen in Figure 4.21b. Very small quantity of magnetic nanoparticles still emerges from lower 

stream, which could be due to moderate turbulent mixing arising from imperfect channel 

geometry. In order to further investigate the performance of separation or switching of magnetic 

nanoparticles, Zetasizer experiments were performed to evaluate the concentration of MNPs 

exiting both outlets. The sample from the outlets is collected until all the solution has passed 

through the microchannel. It is taken in a cuvette and placed in Zetasizer to obtain unknown 

scattering intensity (kcps) of the sample.  Previously determined calibration curve is used to 

convert the scattering intensity into unknown outlet concentration (mg/mL). Each experiment 

both in the presence and absence of permanent magnet was performed in triplicates and average 

values together with standard deviation were reported. 100 µl of magnetic nanoparticle solution 

having a concentration of 1mg/ml was injected in lower microchannel with a flow rate of 5 µL/s.  

It can be seen from Figure 4.21b that when magnetic field is not deployed magnetic 

nanoparticles preferentially follows the same flow stream with concentration of MNPs exiting 

the lower microchanel was approximately 0.88 mg/mL. The concentration of MNPs found in 

upper microchannel was negligible (~0.064 mg/mL approximately). This proves that no 

switching or separation takes place in the absence of magnetic field. It was also found that 

around 5.5% MNPs were not found either in the upper or lower microchannel. This could be due 

to the fact that some of the MNPs got trapped within the microchannel and never exited the 

system. Some of this error could also arise from instrumental error due to the correlation made 

between scattering intensity and concentration. However, when magnetic field was used as seen 
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from data given in Figure 4.22, approximately 0.90 mg/mL of the magnetic nanoparticles were 

switched from lower to upper microchannel as calculated from calibration curve for the 

scattering intensity data obtained from upper outlet. This was due to the fact that these magnetic 

nanoparticles experience magnetic pull force near the area of intersection and where transferred 

into upward flow stream. A very small amount (~0.067 mg/mL) was found in the lower 

microchannel with approximately 3% not found either in upper or lower microchannel. It was 

seen that out of 3% some of these magnetic nanoaprticles got trapped on the inner walls of 

microchannel due to strong magnetic force. From the above analysis it can be demonstrated that 

90% separation of magnetic nanoparticles was achieved using tangential microfludic channels. 
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Figure 4.22 Concentration of MNPs eluted from upper and lower microchannel when 100 uL of 1mg/ml MNPs were 

injected through lower microchannel at flow rate of 5µl/s in the absence and presence of magnetic field (Neodyium 

magnet, N52). 

 

4.3.3.2 Effect of Flow rate on MNPs Separation 

In this section the effect of flow rate on the magnetic nanoparticle separation in tangential 

microchannel is investigated. Variation of solvent flow rates impacts the residence time of 

magnetic nanoparticles within the microchannels as well as the drag and magnetic forces acting 

on these particles. A longer residence time means smaller flow rates that translate to lower drag 

forces therefore if the particles are exposed to higher magnetic force there will be strong 

tendency that these particles will eventually be pulled across the interface and into the other 

microchannel.  To test the role of flow velocity on magnetic switching or separation, a series of 
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experiments were performed using a constant magnetic field and varied flow rates. MNPs with 

an initial concentration of 1mg/ml and volume of 100 µl were injected from lower microchannel 

at varying flow rates. The concentration of magnetic nanoparticles that exited the intersection in 

the upper and lower microchannels was detected using Zetasizer instrument together with the 

procedure described in previous section. Each experiments both in the presence and absence of 

permanent magnet was performed in triplicates and average values together with standard 

deviation were reported. Since the inlet concentration of MNPs was known, percentages of 

magnetic nanoparticles separated between two tangential microchannels were calculated. It can 

be seen from Figure 4.23, that switching of magnetic nanoparticles takes place when magnetic 

field is used. A higher percentage of magnetic nanoaprticles were pulled from lower 

microchannel to upper microchannel at lower flow velocity (<5 µL/s). However, when the flow 

velocity was increased beyond 5 µL/s, a linear decrease in magnetic nanoparticle switching was 

observed. This is due to the fact that at lower flow velocity, the drag force acting on the magnetic 

nanoparticles was small as compared to magnetic force as such more number of MNPs was 

pulled in the upper flow stream from lower microchannel.  
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Figure 4.23 Variation of percentage of MNPs eluting from lower (O) and upper (Δ) microchannel at different flow 

rates in the presence and absence of magnetic field. MNPs initial concentration was 1mg/ml and 100 µl of the 

sample was injected from lower microchannel. Error bar represent the standard deviation obtained after three 

injections. 

 

This was not the case when flow velocity was increased due to larger drag forces acting on the 

magnetic nanoparticles. Another interesting observation was made in the absence of magnetic 

field when the flow rates were smaller than 5 µL/s.  It was found that a very low flow rates (~0.6 

µL/s) some of the magnetic nanoparticles(~18%) were pulled in the upper channel. This could be 

due to extremely large residence time which allowed magnetic particles to diffuse upward. This 

trend was minimized as the flow rate was increased. From these experiments it was illustrated 

that application of the magnetic field causes the magnetic nanoaprtciles to move from lower 

microchannel to upper microchannel. However, the percentage of magnetic nanoparticles that 

can be magnetically as well as non-magnetically transported into the upper microchannel is 



236 
 

dramatically influenced by the flow rate of both fluid streams. As the flow rate decreases from 

11µL/s to 0.6µL/s under magnetic field, the percentage of magnetic nanoparticles eluting from 

the upper microchannel increases from 48.8% to 93.4% with more drastic change found in 

between flow rates of 5µL/s to 11µL/s. The improved separation achieved at lower flow rates 

was not simply a result of the increased residence time but is a function of both drag and 

magnetic force acting on these magnetic nanoparticles. By carefully calibrating the fluid flow an 

optimum value of flow rate can be achieved to provide maximum switching of magnetic 

nanoparticles together with higher throughput essential for bioseparation application. 

4.3.3.3 Magnetic separation of a mixture of magnetic & non-magnetic particles 

Magnetically actuated switching of biomolecules tagged with magnetic nanoparticles from one 

fluid stream into another, while leaving behind nonmagnetic particles, is an excellent strategy to 

achieve microfluidic-based separation of biomolecules continuously. This strategy was 

demonstrated and tested in this section.  A mixture of 1mg/ml of Polystyrene (60nm) and 

1mg/ml of MNPs (200nm) with a 1:1 volume ratio was injected from lower microchannel in the 

presence of magnetic field. The total volume of the mixture was 100 µl and the injection rateof 

5µl/s was maintained in both upper and lower microchannels. Samples from the outlets were 

collected and analyzed using Zetasizer. Both the size as well concentration measurement was 

performed using the instrument. Figure 4.24(a&b) gives the histogram of the size distribution of 

the particles eluting from upper and lower channel. It can be seen from results that the average 

size of particles eluting from upper channel and lower channel were around 273.1nm and 

68.75nm respectively. This illustrate that most of the magnetic nanoparticles where pulled in 

upper microchannel due to magnetic force leaving behind non-magnetic polystyrene particles in 

the lower microchannel. A slight error in size estimation could be due to presence of magnetic 
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nanoparticles in lower and polystyrene upper microchannel. Based on the particle size 

histograms, it is evident that application of the magnetic field preferentially removed the 

magnetic nanoparticles from the lower microchannel.  

 
Figure 4.24 Magnetic field based separation of a mixture of Polystyrene (60nm) and MNPs (200nm) injected from 

lower microchannel at a flow rate of 5µl/s, (a) average diameter of sample eluted from upper microchannel, (b) 

average diameter of sample eluted from lower microchannel, and (c) Percentage of MNPs eluted from upper and 

lower microchannel. 

 

In order to investigate separation or switching efficiency, concentration of magnetic 

nanoaprticles was computed using the method described in earlier sections. It can be seen from 

Figure 4.24c that 89.9% of magnetic nanoparticles were pulled in upper microchannel from a 
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mixture of magnetic nanoaprticles and polystyrene flowing in lower microchannel. From the 

above analysis it is evident that magnetic field assisted preferential switching of magnetic 

nanoparticles can be efficiently utilized in separating biomolecules in microfluidic devices.   

4.3.4 Conclusion 

Magnetic fields can be effectively used to manipulate the movement of magnetic nanoparticles 

together with biomolecules (cells, DNA, antibodies etc.) attached on their surfaces. In this work 

a continuous switching/separation of magnetic nanoparticles in a sub-microliter fluid volume 

surrounded by neodymium permanent magnet is studied. A simple, low cost and generic 

microfluidic platform is developed for proof-of-concept experiments to illustrate the idea of 

using tangential microfludic channels for magnetic field-assisted bioseparation. On the basis of 

MNPs concentration measurement the movement of the nanoparticles between the two tangential 

streams in the absence and presence of applied magnetic force was investigated. It was found 

that negligible switching or separation of MNPs takes place in the absence of magnetic field 

whereas 90% of switching was observed when magnetic field was employed.  Flow rate of 

MNPs solution had dramatic impact on separation performance. A too high flow rate resulted in 

decrease in switching of magnetic nanoparticles whereas too low flow rate did not significantly 

improve the separation efficiency. It was observed that by carefully calibrating the fluid flow, an 

optimum value of flow rate can be found to provide maximum switching of magnetic 

nanoparticles together with higher throughput essential for bioseparation application. Separation 

performance was also studied for a mixture containing non-magnetic polystyrene (PS) particles 

and magnetic nanoparticles (MNPs). It was found that magnetic nanoaprticles preferentially 

moved from lower microchannel to upper microchannel resulting in efficient separation from 

non-magnetic particles. The proof-of-concept experiments performed in this work further 
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demonstrates that microfluidic-based separation of biomolecules can be efficiently achieved 

using functionalized magnetic nanoparticles, together with tangential microchannels, appropriate 

magnetic field strength and optimum flow rates. This work further demonstrates that a simple 

low cost magnetic switching scheme can be potentially of great utility for separation and 

detection of biomolecules and cells in lab-on-a-chip systems. 
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4.4 Investigation of magnetic nanoparticle-assisted mixing strategy in a microfluidic 

channel using residence time distribution (RTD) analysis 

 

4.4.1 State of the Art 

Lab-on-a-chips systems have received increased attention in the last decade due to its vast 

applications in engineering, research, and development. Some of the areas that have benefited 

include medical diagnostic, biomedical engineering, pharmaceuticals and biotechnological 

sciences. They are now being realized for vast array of analysis including DNA, proteomics, 

forensic, immunoassays, and toxicity monitoring [4-7, 172, 187, 188]. However, the 

development lab-on-a-chip systems have its own share of difficulties and one area that need to be 

focused is mixing. The characteristic laminar flow field that occurs in micro-scale channels 

makes mixing a very challenging operation in lab-on-a-chip devices and therefore needs to be 

tackled.  

In a typical Lab-on-a-chip microfluidic system, mixing of two or more liquids mainly occurs by 

molecular diffusion, which is often much slower than convection and reaction and overall slows 

down the separation or detection capabilities of the devices [252, 264]. In order to overcome that 

external or internal fluid manipulation techniques are required to enhance mass transfer and 

consequently mixing. Numerous experimental and theoretical strategies have been demonstrated 

in the past [43, 66, 76, 81, 89, 92, 104, 108, 113, 115, 116, 119, 124, 189, 195, 199, 200, 265-

267] to enhance mixing. These strategies include both active and passive methods for instance: 

internal passive mixing by disturbing the fluid flows with microchannel structures [99, 100] or 

by splitting and injecting the fluid flows [84, 191, 193], or by confining the species in droplets 

[19, 194]. Some of the external active mixing strategies include fluid actuation by inducing 

energies including electrical [196-198], acoustic [200], mechanical [104, 105], ultrasonic[111, 
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267] or thermal [201] in the microchannel. Even though, these strategies are useful but they are 

limited by fabrication cost, complexities of setup or integration, and some form of active mixing 

strategies that require energies can damage cells, biomolecules or DNA [202]. Moreover, there 

exist no universal conventional method(s) that can evaluate and compare the performance of 

these strategies. Certain mixing characterization methods are available based on flow 

visualization [99, 266], chemical reaction [268, 269] and Poincare section [270, 271] but require 

complicated experimental setup. Therefore, simple mixing strategy together with easy to use, 

low cost characterization technique(s) for the quantitative evaluation of mixing patterns in 

microfluidic channels still pose some challenges [69] and  needs to be addressed. 

The objective of this work is to demonstrate a simple strategy of mixing and evaluate and 

optimize its performance using a universal characterization method that is easy to setup and can 

provide fast and reliable data for characterization. Therefore, in this work the classical theory of 

residence time distribution analysis (RTD) [185, 186] is used as a characterization tool to 

evaluate the mixing performance of a novel and simple scheme of mixing using magnetic 

nanoparticles (MNPs) and time-dependent magnetic field pulse in a microfluidic channel. RTD 

is a well established technique in chemical industry for characterizing mixing in macro-scale 

mixers/reactors but its application in microfluidic systems is still new [204-206, 272] has 

successfully demonstrated that RTD methods can be used to characterize mixing in microfluidic 

environment but his work was limited to passive actuation strategies that required complicated 

fabrication protocol and clean room.  In this work, magnetic nanoparticles are used instead of 

magnetic microparticles or magnetic beads because of its superior properties such stability over 

time, high surface to volume ratio, minimum disturbance caused by the attached biomolecules 
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because of their extremely small size, and superparamagnetic nature that helps them to get re-

suspended in fluid when magnetic field is removed without any agglomeration.   

The novel active mixing scheme is demonstrated in this work using a simple, low cost and 

generic microfluidic platform setup that consisted of microfluidic channel, magnetic 

nanoparticles (MNPs), and in-house assembled electromagnet. It will be shown that periodic 

switching of magnetic field between on and off position produces oscillation in magnetic 

nanoparticles travelling in the channel. This causes chaos and agitation in the fluid flow and 

overall enhances the mixing process.  Effect of flow condition on mixing performance is 

evaluated using RTD analysis and optimized values will be predicted. Overall, the proof-of-

concept experimental setup in conjunction with RTD characterization tool deployed in this work 

proves that a simple time-dependent magnetic actuation scheme employing magnetic 

nanoparticles can be effectively used to mix micro volume of fluids in microfluidic lab-on-a-chip 

systems. 

4.4.2 Materials & Method 

4.4.2.1 Microchannel Fabrication 

The microfluidic channels with a diameter of 800µm and length of 75mm were fabricated by a 

low cost rapid micromolding technique as shown in Figure 4.25.  First, a mold is prepared by 

fixing an aluminum wire of 800µm diameter in the center and approximately at half the depth of 

the empty Petri dish.   Polydimethylsiloxane (PDMS)(Sylgard 184, Dow Corning, USA) with a 

base and curing agent mixed in a ratio of 10:1 is poured onto the mold and is degassed to remove 

any bubbles using desiccators.  
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Figure 4.25 Fabrication step used in developing leak-proof microfluidic channels. 

 

The uncured PDMS is baked in an oven (65 °C) for 1 h.  The final step is to peel off the cured-

PDMS containing the aluminium wire from the Petri dish. The sides of the cured PDMS are cut 

using a razor blade, leaving a significant amount of the wire exposed outside. With the help of 

pliers the wire are carefully removed. To make this process easier, the microchannel are washed 

with acetone which swells the PDMS and expand the channels prior to pulling out the wires. The 

microchannel was connected with the tygon tubing using the stainless tip obtained from 

microsyringe. The tip was inserted into the microchannel to make leakage free connection.  

4.4.2.2 Microfluidic System Setup 

A schematic view together with experimental set-up to carry out magneto-hydrodynamic mixing 

experiments is shown in Figure 4.26. The magnetic and microfluidic set-up can be divided into 

five main components: the microchannel, the magnetic nanoparticle solution, the fluidic 

connections, the imaging instrumentation, and the electromagnet system. 
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Figure 4.26 Microfluidic Magnetic Nanoparticle Mixing System: (a) Schematic representation of the setup showing 

the microchannel with electromagnet for generating magnetic field. The MNP solution is injected near the inlet from 

the right and flows under laminar conditions. The samples are collected at discrete time values and analyzed using 

Zetasizer Nano to obtain concentration-time curves, (b) In order to generate RTD curves, MNP with known 

concentration is injected for a very short time interval (Dirac pulse) into the microchannel from inlet and the 

response function is recorded at the microchannel output, and (c) snapshot of the setup showing microfluidic 

platform with inlet and outlet connections through tubings, electromagnet assembly in the vicinity of microfluidic 

chip with power switch to control magnetic field, and the objective of microscope over the region of interest (ROI) 

for recording images. 

 

As shown in Figure 4.26c, the microfluidc channel is connected with inlet and outlet via flexible 

tygon tubing. In order to provide leak free connections a microsyringe tips made of stainless steel 

are embedded into the microchannel inlet/outlet for secure connections between the flexible 

tubes and the microfluidic chip. A differential pressure drop is maintained inside the channel by 

connecting the outlet of the microchannel to peristaltic micropump (P625 Peristaltic Pump, 

Instech, USA) and inlet to a reservoir containing distilled water. A steady state flow of distilled 

water is maintained in the microchannel. Flow rate was measured by collecting known sample of 

distilled water at the outlet at different times. It was also varied using the precise-bi directional 

speed controller on the pump. This simple method allows for a good control of the flow in the 

channel in suction mode. A micro- volume solution of magnetic nanoparticles was then 

introduced as a pulse input into the steady state flow of water using a 10mL syringe with 
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stainless steel needle. The sample is injected very close to the microchannel inlet so as to avoid 

any axial dispersion in tubing. The pulse input-response method was preferably chosen in this 

work to determine RTD because it is more robust and the data obtained using injection technique 

usually yield more reliable RTD analysis compared to step input-response method or other 

methods [206]. 

Magnetic field is controlled using electromagnet kit purchased from Arttec Inc. (Arttec., Inc, 

Woolwich, Maine). The kit comes with few levels of assembly (soldering the parts onto the 

printed circuit board). The electromagnet was basically constructed from a 2700 turns of 33 gage 

wire on a 2" bolt and nut with a 60 Ohm coil measuring 1" x 1 1/4". The total air gap is about 

3/8". The electromagnet requires a 12VDC at 200mA. The knob on the circuit board can be used 

to adjust the air gap by about 1/4" and also works as on/off switch for magnetic field. Magnetic 

flux density (B) inside a solenoid can be found by multiplying magnetic permeability ( r 0 ) of 

core, turn density (n) and current flowing in the solenoid (I). The magnetic permeability is 

expressed as r 0 ,
 where r  is the relative permeability of iron (=200) and is assumed to be 

constant, and 0  is the permeability in vacuum ( 27

0 /104 AN  ).For a solenoid of length 

L with N turns, the turn density is n=N/L (turns/m).If the current in the solenoid is I (~200mA) 

and the relative permeability of the core r0 , then the magnetic field at the center of the 

solenoid is given by: 

InB r  0                                                                                                                       (4.18) 

Based on Eq. 4.18, the magnetic field intensity of the electromagnet was approximately 5 Tesla. 

Optical images in the region of interest (ROI) (see Figure 4.26a) were acquired using the digital 

microscope (Celestron 44340, Celestron Inc., USA). The translational stage of the microscope 
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was used to place the microfluidic chip assembly such that the objective of camera acquires 

images of the flowing nanoparticles in real time. The CCD camera was connected to a computer 

for data acquisition. Magnetic nanoparticles (MNPs) of 200nm diameter (fluidMAG-ARA 

Chemicell GMBH, Germany) were suspended in de-ionized water and injected into the inlet. The 

magnetic particles consisted of small magnetite (Fe3O4) crystals with a diameter of 

approximately 12 nm, embedded in a biocompatible polysaccharide matrix which enabled 

stability and prevented biodegradation. The average diameter of the particles was approximately 

200 nm, whereas the volume fraction of magnetite within a composite particle is 80%. For 

different flow rates, effluent was collected at the outlets at a number of discrete time intervals. 

The volume collected at the outlet was regularly verified to confirm the equal flow rates in the 

microchannel and the concentration of each MNPs sample collected in the effluent at different 

times was estimated from our in-house determined calibration curve. The calibration curves were 

generated from original stock of MNPs solution diluted to different concentrations. A dynamic 

slight scattering instrument (Malvern Zetasizer Nano S, UK) was used. The Zetasizer Nano S 

measures the intensity of scattered light of various concentrations of sample at one angle; this is 

compared with the scattering produced from a standard (i.e. Toluene). In general, Zetasizer is 

used to measure the size of molecules but also the count rate can be used as a method of 

determining the relative concentration of a sample of stable size—as the count rate goes down, 

so too does the concentration. While the Zetasizer software does not automatically spit out an 

estimated sample concentration from the count rate but it is actually a fairly stable value for the 

same sample over time, and therefore used in this work as an estimate of concentration.  Power 

law calibration curve of scattering intensity (kilocounts per second, kcps) versus concentration of 

magnetic nanoparticles (mg/ml) were obtained for 200nm particles (R
2
=0.9908. In order to 
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obtain residence time distribution (RTD) curves for various condition of flow rate, the outlet 

sample from the effluent was taken in cuvette and placed in Zetsizer to obtain unknown 

scattering intensity (kcps) of the sample.  Calibration curve was used to convert the scattering 

intensity into concentration (mg/ml). After the acquisition of the concentration–time data at a 

number of discrete time values, RTD curves were generated using the trapezoidal rule. 

4.4.3 Results & Discussion 

4.4.3.1 Residence-Time Distribution Function 

The Residence-time distribution (RTD) curve is obtained after the acquisition of the 

concentration–time data at a number of discrete time values. MNP solution is injected for a very 

short time interval (Dirac pulse) at the inlet of the microchannel, and then the concentration of 

MNP at the outlet is recorded as a function of time using the method described in the section 

above. The RTD function also known as exit age-distribution )(tE is defined quantitatively from 

the concentration–time data. The )(tE function basically tells quantitatively, how much time 

different fluid elements have spent in a continuous flow system such that dttE )(  is the fraction 

of MNP solution exiting the microchannel that have spent a time between t  and dtt   in the 

microchannel [186]. The RTD function, )(tE is given by Eq.4.19, where )(tC is the MNP 

solution concentration at the outlet, as a function of time. Experiments were performed in 

triplicates and the average value of MNP concentrations is used as )(tC . 
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where, )( 1 iii ttt   is the time steps used in the simulation. 
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After the RTD function is obtained, parameters that are used to quantify the mixing performance 

are calculated based on the methods given in literature[186]. These statistical parameters are 

mean residence time mt , which gives the average time the exiting fluid element spend in the 

microchannel; variance 2 , which is the measure of the spread of the distribution; and 

coefficient of variance or normalized variance, which provides the relative standard deviation of 

the distribution. These statistical parameters are mathematically given by Eqs. 4.20-4.22. 
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The RTD of the microchannel with magnetic actuation will deviate from an ideal plug flow 

mixer depending on the magneto-hydrodynamics with the microchannel. Based on computation a 

variance of zero would mean complete plug-flow mixing while a non-zero value will imply 

mixing due to non-uniform or laminar velocity and molecular diffusion. In this work normalized 

variance values given by Eq. 4.22 will be calculated for different flow conditions, a smaller 

normalized variance value will mean narrower RTD curve, closer distribution to mean residence 

time, and higher mixing performance. In this way, mixing performance for all the conditions 

including magnetic and no magnetic field assisted mixing will be computed, compared and 

optimized conditions will be predicted. 
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4.4.3.2 Qualitative Analysis of Mixing 

Magnetically actuated mixing scheme demonstrated in this work relies on the periodic switching 

of magnetic field between on and off position. Turning the magnetic field on will attract the 

MNPs to regions with higher magnetic field intensity whereas turning off will again force them 

to follow the fluid flow due to drag forces acting on them. This will eventually create chaos and 

a means to oscillate MNPs that result in mixing of fluid. In order to see this affect images where 

acquired at discrete time steps (~5s) using a digital camera embedded in our laboratory 

microscope. The details of the setup are already described in previous section. At a time, t=0s, a 

30 µl of a 200nm MNP solution having a concentration of 1mg/ml is injected for a very short 

time period  into the deionized (DI) water flowing at a rate of 0.6 µl/s near the inlet. Magnetic 

field is manually turned on and off after 30s. It is turned on for 5s and then turned off for next 5s 

giving a total of four pulses of magnetic field (see Figure 4.27b) within a span of 35s. Figure 

4.27a shows the snapshot of microchannel in the region of interest at different time intervals. It 

can be seen that initially at t=30s when no magnetic field is used MNP solutions flows with the 

carrier fluid with a perfect parabolic flow profile, i.e. maximum velocity at the center indicated 

by higher concentration of MNPs in the center at t=30s. 

When magnetic field is turned on at t=35s, MNPs tend to attract towards the region of higher 

magnetic field intensity, generating spikes as can be seen in the Figure 4.27a. When the magnetic 

field is turned off again the MNPs relaxes and goes with the drag force exerted by fluid flow. 

Periodically switching the magnetic field on/off, creates chaos and oscillation in MNPs as seen 

in Figure 4.27b at time t=40s to t=75s. The disturbance of MNPs using external electromagnet 

source can be effectively used to mix fluids and it can be seen from time t=80 & 85s that after 

the sudden burst of magnetic actuation pulses the MNPs solutions seems to flow more like a plug 
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flow with less variation in concentration across the cross-section of the microchannel and better 

mixing. Quantitative evaluation of mixing performance is done using RTD analysis and is 

presented in next section together with the affect of flow rate on the mixing. 

 

Figure 4.27 (a) Micrograph of magnetic nanoparticle concentration in the region of interest (ROI) with the 

microchannel at discrete time intervals, and (b) Oscillating magnetic field in the form of square-wave that is turned 

on and off at different times. Four pulses of magnetic field are generated to cause disturbances in MNP solution 

coming from right and moving towards left. 
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4.4.3.3 Effect of Flow Conditions 

Flow rate of carrier fluid in this case it is DI-water also has significant effect on the mixing 

performance and needs to be optimized. RTD curves were obtained as described earlier in the 

sections. At a time, t=0s, a 30 µl of a 200nm MNP solution having a concentration of 1mg/ml is 

injected for a very short time period into the de-ionized (DI) water flowing at rates of 0.3, 0.6, 

and 1 µl/s.  

 

Figure 4.28 Concentration-time curves of magnetic nanoparticle solution obtained with (circle) and without (square) 

magnetic actuation. MNP solution was injected for a very short time period into the de-ionized (DI) water flowing at 

rates of (a) 1 µl/s, (b) 0.6 µl/s, and (c) 0.3 µl/s 

 

The injection point is kept close to the inlet so as to minimize the axial dispersion of the pulse. 

The time-dependent concentration data was obtained for each flow rates using the method 
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described in previous section. Briefly, the outlet sample from the effluent was taken in a cuvette 

after every 10s and placed in Zetasizer to obtain unknown scattering intensity (kcps) of the 

sample. Calibration curve was used to convert the scattering intensity into concentration 

(mg/ml). Three replicates of experiments were performed for each flow rate investigated to 

establish high repeatability of data both with and without magnetic actuation. From the 

concentration-time curves given in Figure 4.28, it can be seen that when the flow conditions are 

changed, the time fluid element spent in the microchannel also changes; therefore as the flow 

rate is increased the mean residence time decreases which may also decrease the effectiveness of 

magnetically actuated mixing. Therefore, an optimum flow rate for magnetically actuated mixing 

needs to be identified. From Figure 4.28, it can be seen that for all conditions of flow rate the 

mixing is enhanced when magnetic field actuation is deployed. The effectiveness of magnetic 

actuation is more pronounced a lower flow rates (~0.3 µl/s). RTD curves were generated based 

on the concentration-time data shown in Figure 4.28 for both with and without magnetic 

actuation. It can be seen from Figure 4.29 that the RTD curves for magnetic scenario when 

compared to no magnetic scenario becomes less spread out and the computed normalized 

variance values are also lower than their counterpart.  
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Figure 4.29 Residence time distribution (RTD) curves of magnetic nanoparticle solution obtained with (circle) and 

without (square) magnetic actuation. MNP solution was injected for a very short time period into the de-ionized (DI) 

water flowing at rates of (a) 1 µl/s, (b) 0.6 µl/s, and (c) 0.3 µl/s 

 

This shows that mixing is enhanced due to the presence of magnetic actuation. Basically a 

narrower RTD curve means a closer distribution of species to mean residence time, and higher 

mixing performance. The mixing seems to be more pronounced with low flow rates. In order to 

evaluate that normalized variance were also computed for different flow conditions within the 

microchannel for both magnetic and non-magnetic scenarios. As seen from Figure 4.30, the 

effect of magnetic actuation largely depends on the flow condition. At higher flow rates the 

normalized variance difference between non magnetic and magnetic scenario decreases. For both 
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0.6, and 1 µl/s, there was approximately 30% decrease in normalize variance that translates to 

approximately 30% increase in mixing due to the presence of magnetic field actuation.  

 

Figure 4.30 Normalized variance plot for three flow rate conditions with and without magnetic actuation. 

 

Whereas at much lower flow rate of 0.3 µl/s, there was approximately 50% decrease in 

normalize variance or effectively 50% enhancement in mixing due to the presence of magnetic 

field actuation.  Therefore for the magnetic field strength and conditions used in these 

experiments, it would be ideal to operate the system with a flow rate of 0.3 µl/s. However, if the 

system needs to be operated at higher flow rates larger magnetic field force is needed to bring 
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out desired disturbance within the microchannel in order to enhance mixing and this can be done 

by increasing the magnetic field strength of electromagnet. From the RTD analysis above, it can 

be concluded that magnetically actuated mixing scheme is easy to set up and can be effectively 

used to mix small volumes of fluid in microchannels useful for separation and detection systems. 

4.4.4 Conclusion 

A proof-of-concept experimental study to demonstrate an innovative time-dependent 

magnetically actuated mixing scheme is successfully demonstrated. Residence-time distribution 

(RTD) analysis, for the first time, is used to study the dynamics of this novel mixing scheme as 

well as investigate the affect of flow conditions. A low cost generic microfluidic platform is 

assembled using electromagnet that comprises of copper wire and iron core and microfluidic 

channels that were fabricated from a novel micromolding technique that can be done without a 

clean room. Both qualitative and quantitative findings reveals that periodic switching of 

magnetic field between on and off position produces oscillation in magnetic nanoparticles and 

overall enhances the mixing process.  Based on RTD analysis and computation of normalized 

variance of MNPs concentration at the outlet of microchannel, approximately 50% enhancement 

in mixing was achieved by working at lower flow rate of 0.3 µl/s.  The enhancement decreased 

to 30% when flow rates were increased. Overall, the proof-of-concept experiments in 

conjunction with RTD analysis done in this work reveals that a simple time-dependent magnetic 

actuation scheme employing magnetic nanoparticles can be effectively used to mix micro 

volume of fluids in situ and can be potentially of great utility for separation and detection of 

biomolecules in microfluidic lab-on-a-chip systems. 
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5. CONCLUSION 

In this work magnetically actuated system comprising of microfludic channel and 

superparamagnetic nanoparticles is designed and developed. Advanced mathematical model 

comprising of mass and momentum transport, convection & diffusion, and magnetic field 

interaction was combined with proof-concept experiments performed using an assembled  simple 

low cost generic microfluidic platform that consisted of microfluidic channels, magnet assembly, 

flow system and characterization protocols. It was found that the combination of magnetic fields 

with microfluidics simplified the complexity of the present generation devices and showed that 

biomolecules can be precisely captured, separated or detected with high efficiency and ease of 

operation by tagging them with magnetic nanoparticles. The presence of MNPs together with 

time-dependent magnetic actuation also demonstrated that high mixing can be achieved with 

ease within the microchannel. The numerical simulations were helpful in testing and optimizing 

key design parameters and demonstrated that fluid flow rate, magnetic field strength, and 

magnetic nanoparticle size had dramatic impact on the performance of magnetic microfluidic 

systems studied.  The main focus of this research was to understand the physical phenomena and 

behavior of magnetic particles and how this novel technique be used for efficient separation and 

detection of biomolcules. This work also emphasizes on the importance of considering magnetic 

nanoparticles interactions for a thorough design of magnetic nanoparticle-based LOC devices 

where all the laboratory unit operations can be easily integrated.  This new approach allows for 

versatile chip design rules and provides a simple approach to integrate external elements for 

enhancing separation and detection of biomolecules. The present system may be of interest for 

many on-chip bio-analytical applications and in particular for magneto-microfluidic bio assays. 

Indeed, when using magnetic nanoparticles with functionalized surfaces, dynamic actuation of 
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the MNPs increases the efficiency of analyte capture in a sample flow. Moreover, when the 

magnetic field is removed, the superparamagnetic nature of the MNPs prevents clustering and 

permits easy release from the system for further processing and detection downstream. 

Suggestions regarding future steps and expansion needed to further improve and develop such 

systems are also provided. The vast applications of the novel concepts studied in this work 

demonstrate its potential of to be applied to devices for point-of care diagnostics especially in 

resource-limited settings. 
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6. OUTLOOK 

In this section we will discuss about the future direction with respect to development of 

magnetically actuated components such as mixer, separator, and detector for microfluidic 

application and discuss the feasibility of using the results obtained in this work. The first thing 

we can focus on is the physics of the system and whether the multiphysics model developed in 

this work is successful in translating the real world phenomenon of magnetic nanoparticle 

interaction in microchannels. Needless to say that the developed mathematical model was 

successful in predicting the phenomenon to a certain extent but there will be instances when 

further improvement will be necessary.  For example, the scenarios considered in this work were 

dedicated to low concentration of magnetic nanoparticles (MNPs) although useful for most of the 

cases but in some situation we will need to consider buffers containing a high concentration of 

the MNPs, in these scenarios the mutual interactions of particle will play a critical role and must 

be taken into account. Also, use of higher concentrations of MNPs may be advantageous. Firstly, 

increased number of the MNPs will improve the ratio of the tagged target biomolecules and 

therefore, can enhance the efficiency of the separation or detection. Secondly, concentrated MNP 

solution can be used to perform liquid-liquid mixing. It is worth noting that liquid-liquid mixing 

will be much easier than solid particles disturbing the fluid flow and will eventually require 

lower magnetic field.  A high concentration of MNPs can be considered as two-phase system 

where particle-particle interaction can be considered using Euler-Euler approximation. However, 

simulation of such scenario will call for further improvement in mathematical model and 

computational resources. Therefore, the next step could be development of mathematical model 

that can take into account both low and high concentration of MNPs and the new particle tracing 

module of COMSOL Multiphysics software will be worth exploring. 
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When developing magnetically actuated microfluidic system, the most important aspect is the 

choice of magnetic assembly i.e. if the system should be active or passive. A time-dependent 

magnetic actuation for mixing demonstrated in this work will require active magnetic assembly. 

Active systems can use electromagnets or soft magnetic elements embedded on chip. The later 

will be difficult, expensive to fabricate, and can generate heat on-chip therefore not 

recommended. Use of external electromagnets can provide both sufficient magnetic field and 

time-dependent magnetic actuation but one has to keep in mind the size of electromagnet when 

developing such system. 

If the device needs to only capture or switch magnetic particles for continuous separation, 

passive systems consisting of permanent magnet should be chosen. Several passive systems have 

been designed and tested in this thesis. The advantage of using permanent magnet-based system 

is two-fold, first they are simple, low cost and easy to assemble and secondly they provide higher 

magnetic fields.  The disadvantages of placing magnets near the microchannel would be the in 

ability to use optical system for characterization. The light scattering-based characterization 

technique used in this study is more robust and can be very well be used in such situations.   

In this work, an in-house developed micromolding technique is used to develop PDMS 

microchannels. This is an in-expensive fabrication procedure and do not require clean room but 

may result in microchannels that are not precise with respect to width and length. It is worth 

noting that objective of this work is to demonstrate the strategy of magnetic actuation and this 

work was successful in doing it. In future, however it is recommended to have precise dimension 

of microchannels that can be fabricated using clean room-based soft lithography techniques. 

However, these fabrication methods should be further developed and tested.  
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The characterization technique used in this study was based on light-scattering instrument which 

required development of calibration curve. It is also recommended that magnetic microfluidic 

system should be evaluated through various other techniques based on availability. One 

interesting characterization method is by recording the motion of the MNPs using PIV (Particle 

Image Velocimetory) or PTV (Particle Tracking Velocimetory) techniques which will be really 

helpful in analyzing chaotic systems. 

Finally, in this work the focus has been to characterize MNPs manipulation and understand the 

physics thoroughly in order to determine how well they work and what makes them work well so 

that they can be deployed in mixing, separation, and detection system. The next step can be 

development of various components by considering the interaction of MNPs with target 

biomolecules. Mixing can be integrated with separation or detection to see how biomolecules 

interact with surface functionalized MNPs.  As we envisioned, this will eventually lead to the 

development of magnetic nanoparticle-based Lab-on-a-chip system for field applications. 
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