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Abstract
As part of a broader goal to develop novel applications of Magnetic Resonance Imaging (MRI), a low-cost and modular MRI system is currently being developed.  One component of this project is the design, construction and testing of gradient coils to function within the system.  Several common gradient coil designs serve as a basis for development.  A simulation script was developed to approximate magnetic field strengths produced by a given coil design.  In order to validate the simulation, a testing environment was developed using a Hall Probe to measure the magnetic fields created by a coil of wires.  A set of coils was constructed based on a Golay pair concept with the aim of generating a linearly varying x-gradient.  Though the measured data showed some variability, it corresponded fairly well to the simulated fields.  The simulation showed a significant degree of linearity within a confined area of the magnetic field.  The measured field also showed some linearity, though less reliably.  Future work will build on the knowledge gained from the simulations and experimental data to refine data acquisition methods and to optimize coil design.  

Problem Motivation

Magnetic Resonance Imaging (MRI) is a non-invasive medical imaging technique that creates cross-sectional images of the body.  It mainly functions as a tool to help physicians diagnose medical conditions.  By taking advantage of the nuclear spin inherent in protons and influencing them with a powerful magnetic field, MRIs can align the magnetic poles of all hydrogen protons (1H) in a specimen.  After alignment, it creates images with the aid of radio frequency amplifiers, data acquisition units, and computers.  Additionally, MRIs use gradient coils as a way to distinguish points in three-space.

A clinical MRI system is not always the most convenient tool for medical use.  It cannot always provide medical specialists with the detailed, potentially life-saving information that they desire.  The clinical MRI at its current stage of development is not equipped to perform the needed rapid imaging.  Currently the complete system is unable to image in real time.  This could prove useful in many medical circumstances where images taken at more distant points in time would not include information that could help with a diagnosis.

To accomplish the goal of more rapid imaging, a smaller, desktop system is in the process of development.  This system, since it is not intended for direct use in the medical field—contact with patients—does not need to be as stringently regulated as a clinical system.  In addition, it would be considerably less expensive, costing under $10,000 whereas the price of a new clinical MRI is upwards of $1.0 million.  When completed, the smaller system would incorporate, in addition to the typical MRI components, different gradient coil windings and a more efficient and easily modifiable computer operating system.  This modular system would then be used for development and research prototyping.   

As previously mentioned, the desktop system would encompass multiple elements and it is therefore necessary to work on the overall project component-wise.  The most important part in the imaging process is the set of gradient coils.  Because of the size of the system and the permanent magnet that will be used, it is necessary to develop coil configurations different than that of a clinical apparatus.

In developing the new coil configuration, it would be useful to have a way of predicting and then testing coil designs.  The coils would be tested using an apparatus that is separate from the complete system.  This apparatus would need to house the experimental coils and measure the magnetic fields generated when current is run through them.  Although not part of the final product, the equipment would prove very useful and time-saving, as it would allow for more isolated testing of coil designs. 

The goal for the semester was to first simulate and then test the behavior of a certain coil configuration.  Although an MRI system encompasses three gradients in the x, y, and z directions, the work done on the project was focused solely on the coils that control the z-gradient, which is the gradient that is in the plane of the permanent magnet.  The coils will be attached along the side of the walls of the apparatus.  Designs of commonly used coil types, computerized simulations and electromagnetic principles were used to prove the functionality of the testing apparatus.

The configuration of the set of coils used in the testing process is not the final design that will be used on the desktop system.  The set that was used served only as a simple configuration that could be easily simulated and tested and will perhaps be used in the future for further development in future semesters.  The simulation and the developed apparatus will used to test the future coil designs.

Background

The theory behind MR technology lies in what is called Nuclear Magnetic Resonance (NMR) (Enderle).  It refers to the quantum mechanical phenomenon where all atoms with unpaired protons or neutrons have a magnetic moment.  This moment is derived from a non-zero “spin”.  Spin is a concept which delves into more complicated quantum theory beyond the scope of this report.  Hydrogen is the most abundant element in the body.  Protons (1H) have a non-zero spin and exist in water, which occupies nearly every portion a person’s body.  
The main magnetic field, B0, in a clinical MRI typically has a power of either 1.5T (Tesla) or 3T depending on the customer’s needs.  This field is uniform in strength and runs parallel to the long axis of the bore.  As a patient lies within the bore, B0 aligns all the 1H magnetic moments within his body.  To get a sense of the magnitude of these fields, 1.5T is about 50,000 times [image: image6.png]


stronger than the Earth’s magnetic field.  As a result, all ferromagnetic material must be kept away from the MRI system while it is being used to prevent serious damage or bodily harm.  Typically, B0 is generated by a Helmholtz coil on opposite ends of the bore which drive [image: image7.jpg]Frequency
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current in the same orientation.  Often, the longitudinal axis is referred to as the z-axis with the x-axis and y-axis pointing in a horizontal or vertical direction.  It should be noted that the z-axis points in the direction of the main magnetic field.  In the system we are developing, B0 across the bore, so the z-axis points across the bore with B0, and the x-axis is parallel to the axis of the bore. (Figure 1) 
The Radio Frequency (RF) amplifier supplies another magnetic field, B1, which is perpendicular to the main magnetic field and can be as large as 10T for clinical MRIs.  Short pulses of radio waves systematically alter the magnetic moment, causing the 1H nuclei to produce a rotating magnetic field.  As poles of the proton spin and realign with the main magnetic field, they emit other radio waves which are picked up by a receiver coil and the data acquisition unit.  RF waves oscillate at a specific frequency called the Lamour frequency ω0, which is specific to the isotope in which it is affecting.  The Lamour frequency is linearly related to the magnitude of the main magnetic field.  
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T o distinguish the signals generated by the spinning 1H magnetic fields, gradient coils are placed in several locations around the bore.  Gradient coils create linearly varied magnetic fields in the three spatial directions across the imaging volume.  For example, the x-axis gradient will have a strong x-component of the magnetic vector close to one set of gradient coils in the mid-plane of the bore.  On the opposite set of gradients, an equally strong x-component exists with a reversed orientation.  The strength of the x-component varies between these two extremes and there is no x-component at the point directly between them (Figure 2).  The combination of the x-, y-, and z-gradients allows the MRI to spatially encode the data.  Gradient coils can have many shapes depending on the size of the bore, the amplifier being used, and the direction for which the gradient is being made.  Two key qualities for gradient coils are gradient strength and slew rate.  The gradient strength is measured as the change of field strength over a distance and is directly proportional to the current supplied to the coil.  Its units are given as milliTesla per meter (mT/m) or Gauss per cm.  
A voltage is created across an inductor when a changing current is passing through it and is denoted by the equation [image: image2.png]


, where L is the inductance of the coil and [image: image4.png]


 is the change in current.  This voltage lengthens the time it takes to change the current, known as the slew rate.  The slew rate refers to how quickly the gradient coils can be turned on or off.  It depends on the inductance, or geometry, of the coil as well as the quality of the voltage amplifier.  Slew rates affect both the speed at which the body can be imaged and the quality of the image itself.  For clinical MRIs, gradient strengths are about 1-5 G/cm and slew rates are about 10-200 mT/m/ms.

As a result, MR imaging techniques can give very detailed image slices of the human body without ever making an incision or exposing it to harmful radiation.  However, the 1H atoms themselves cannot be read to create an image.  Rather, they are aligned using a powerful magnet and then disturbed with radio waves. 

Design Specifications

As stated above, a modular MRI system is needed that is low cost, simple and small in size but still functional.  The gradients developed for this system must exhibit a high degree of linearity in the magnetic field produced.  Linearity in the gradient fields translates to a linear change in the Lamour Frequency of a proton as its location moves from the center of the imaging space.  A linear change in the field makes it easy to predict the Lamour Frequency (Nagaskai University School of Medicine).  The system will operate in a similar environment to clinical MRI systems, but on a smaller scale.  Rather than a powerful superconducting magnet, a permanent magnet will be used to establish the stationary magnetic field, though the field strength has not yet been specified.  RF pulse durations can vary depending on the image design. Typical pulse durations range from 0.008 – 11 milliseconds, which is determined by several factors, including the amplifier used and the inductance of the coils.  These factors will be specified as the system is developed over the course of the next few years.  The strength of the gradients needs to be related to the strength of B0 and the RF field which have not yet been determined.  Initially, the gradient coils will run on direct current (DC), although the system could be modified to operate with alternating current (AC) in the future.

The MRI system will have a bore that includes two concentric cylinders.  The permanent magnet will be on the outer cylinder, and the gradient coils will be wrapped around the inner cylinder.  For this system, the inner diameter of the coils will be approximately 12 inches. The gradient coils will be made from 14-gauge copper wire.  Two factors influenced the decision for this gauge of wire: malleability and constant current capacity.  Smaller wires would allow for more windings but cannot hold as much current as larger wires so this size was chosen to balance these factors. The coils will be designed to optimize the linearity of the field generated.  The magnetic field generated by the coils will be measured with a Hall Effect Probe, as will later be described in detail.  

The fully functional system should cost less than $10,000 to produce, ideally within the range of $3,000-5,000.  At this time, only one unit will be produced.  Since the system is intended for experimental use, it does not require FDA approval.  As no human subjects will be used at this time, IRB approval is not needed.  Research has been done in the field to simplify clinical systems to a modular interface.  This is similar to the goals of this project, but still the modular interface utilizes an expensive clinical system (Stang, et al., 2008).

Common Coil Designs

A number of different designs that are commonly used by MRI systems will be considered in the development of the gradient coils.  Several are outlined below.

[image: image10.jpg]


The Helmholtz coil pair is the most simple coil design we are considering (Figure 3).  As pictured below, the design includes a pair of circular coils having the same radius and a common central axis.  When current is applied to generate the magnetic field, the current flows the same direction through both coils, (i.e. the current flow is parallel through both coils).  This creates a magnetic field that is fairly uniform (Figure 4).   The strength of the magnetic field is easily calculated based on the current applied.  Though useful for creating static magnetic fields, these coils do not produce a gradient.
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The Maxwell coil pair is very similar to the Helmholtz coil pair except the current flows in opposite directions through the two coils, creating a graded magnetic field between the coil pair (Figure 5).  The Helmholtz coil is commonly used to create the MRI gradient field parallel to the axis of the bore.  Linearity is achieved with the choice of the size of radius (R), the distance between the coils (d), and the number of turns on each coil.  

[image: image16.png]Magnetic Field Through Bore




[image: image17.png]Field Strength (T)

Field Strength with varying Coil Spacing

x 10"
6
s 4
10cm
20cm
30cm
PN 4
ok 4
ok 4
L 4
E I | L | L I
02 0.15 0.1 -0.05 0 0.05 0.1

Distance Across Bore (m)

015



Golay coils are a type of saddle coil (Figure 6).  The benefit of using Golay coils in MRI systems is that they are designed to be formed about a cylinder.  The uniformity of the magnetic field produced can be varied based on the radius of the coils and the axial locations of the coil pairs.  However, calculating the magnetic field is much more difficult for the Golay coils than the calculations for the Helmholtz and Maxwell coils.  Golay coils are a common design for generating gradient fields along the x and y axes of clinical systems. 

These different coiling designs provide a starting point for development of coils to function within the system in development.  
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Experimental Design

Development of the design for the winding of the coils requires simulation and modeling for optimization to determine optimal winding patterns.  In order to achieve this, a method of simulation is needed.   After simulation, work was done to compare theoretical magnetic fields to actual data.  This was done by first constructing an acrylic frame for the coils to attach to and also an acrylic stand to mount the Hall Effect Probe.  The final experimental setup of these components is shown in figure 7.   

Coil Design

As described above, a number of different coil winding patterns were considered for validation.  Ultimately, a scaled version of what closely resembles a Golay pair of coils was chosen to be simulated, built and tested.  The dimensions of these coils was largely determined based on availability of materials and ease of construction, and were intended to demonstrate a proof of concept that we could effectively simulate and map actual magnetic fields for a given coil design.  The dimensions of the coils are included in Figure 8.   In the final configuration a second set of coils was constructed to the same dimensions as those shown in the figure, and the coils were placed  parallel to the other set of coils, with the wire wound such that the direction winding was equivalent at opposite corners.  
Simulations

Several options are available for the simulation of magnetic field strengths induced by current running through the gradient coils.  Magnetic field strength and direction are determined by the Biot-Savart Law, defined as:
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Where B is the magnetic field, s is the vector along which the current flows, and r is the distance from any given point of evaluation to the current on ds.  When evaluating shapes with a high degree of symmetry about their central axis, this formula is often symbolically solvable.  However, when evaluating at a point off of the central axis, the solution becomes significantly more difficult, if not impossible, to find symbolically.  However, a numerical approximation can be found with the application of a computational software package.
A script was developed to function in MATLAB to simulate the magnetic field produced by a given coiling pattern.  The complete script is contained in Appendix B.  In theory any magnetic field can be approximated by the computational script by the input of three vectors corresponding respectively to the three coordinate components of points along the coil.  That is to say, a row vector corresponding to points stepping at small increments along the coil was created for each of the x-, y-, and z- components.  Once the vectors have been loaded into MATLAB, the program prompts for a horizontal plane (taken at the midpoint of the coils in these simulations) over which the magnetic field components were calculated.  The program then prompts for a resolution of computation, which refers to the scale of the grid of points computed.  For example, with input n, if computing across the vertical plane, then an n x n grid spanning the range of the coils would be generated.  The magnetic field at each point on the grid is computed by approximating the Biot-Savart integral at each point.  Then, the components of the resultant B vector are plotted with a 3D-mesh plot.  A second script was developed to also plot planar field lines of the magnetic field and is also contained in appendix B.  
Hall Effect Probe (Gauss Meter)
Magnetic fields are commonly measured via the Hall Effect in a Gauss Meter.  The probe operates on a simple electromagnetic principle.   When moving charges – such as an electric currrent – are exposed to a magnetic field at an perpendicular angle, the charges are pushed in a direction that is orthoganal to the directions of both the magnetic field and the curent (Figure 9).  The buildup of positive charges on one side of the probe causes negative charges to migrate to the opposite side.   This displacement of charges causes a potential across the probe that can be measured with a voltmeter.  Voltage read-outs on the probe are linearly proportional to the strength of the magnetic field and indicate the empirical field strength once it has been calibrated.  

Calibration

Data from the hall probe was measured from a multimeter.  Prior to using the probe to collect data from the coils, it was first necessary to perform a calibration.  This was done using one turn of adhesive copper wire formed around section of Polyvinyl chloride (PVC) pipe of outer diameter 7.62cm.  The theoretical field strength of the ring of wire was calculated using the Biot-Savart Law.  This, along with experimentally measured voltage from the Hall Effect Probe was then used to generate a calibration constant (4.24*10-6 T/V).  

Signal Amplification

Initially it was difficult to acquire reliable readings from the multimeter because of small signals from the Hall probe.  This was remedied first using a more sensitive multimeter and also by creating a circuit that amplified the readings proportionally to a more useable level. Additionally, the signal could have been increased by driving more current through the coils, but this was limited by the power supply available.
The amplification is shown in the schematic in figure 10.  This circuit can be broken down into four components, as labeled on the figure.  First, in part one a voltage regulator attenuates an input voltage (from a 9V battery in this case) to a +5 V output.  This signal is used to power the hall probe, and is also driven to the first amplifier.  This op-amp is configured to reduce and invert the +5 V signal to -2.5V, but ultimately a +2.5 V signal is desired.  Therefore, the next component is a zero gain inverting amplifier to generate the +2.5 V signal.  Finally, a differential amplifier subtracts the constant +2.5 V signal from the signal produced from the Hall Probe, then amplifies the remaining voltage by 100.  
The Hall Effect Probe produces a 2.5 V signal when under no magnetic flux.  Therefore, with no magnetic flux, the readout from the DMM after amplification should be zero.  However, manufacturing errors in the resistors would also lead to signals in the circuit.  For example, if just in the second amplifier, the two 300 kΩ resistors differed by .06%, this would lead to an output voltage of 2.49 V.  When subtracted off of the neutral probe voltage of 2.5 V and then amplified by 100, one would see a 1 V reading on the DMM, even though no magnetic field was measured.  Therefore, it was necessary to take baseline readings of the voltage measured from the hall probe without the influence of coil voltage.  The field effects from the earth’s magnetism were also then accounted for by subtracting this baseline off of all voltages measured within data acquisition.

Data Acquisition 

After calibration, the probe was positioned in between the coils on a reference grid and was moved through and across the bore of the apparatus.  With the coils powered to 3 A, as limited by the power supply available, readings were taken every two centimeters on a grid across the middle horizontal plane of the coils. A significant amount of noise was observed in the amplified signal.  Initially, a plan was drafted to use computerized data acquisition to generate an average signal at any given coordinate, however technological failures prevented this from working effectively, so acquisition was limited to manual approximation.  This limited the strength of the numerical data gathered, but still allowed for identification of trends within the field. 

The data was organized and graphed using Excel.  Data was collected for the components of the magnetic field oriented across the theoretical bore on which the coils would be wound as well as through the bore (e.g. in the x and z directions).  The graphs of the experimental magnetic fields were then compared to the simulated fields generated in MATLAB as is summarized in the results section below.       
Results

Simulations

When the coils described above were loaded in to the MATLAB script for simulation, very desirable results were observed.  Indeed the simulation was run to compute all components of the field strength, but the field of primary interest is that through the bore (denoted Bk in the script, although in actuality should be computed as Bx).  The simulation is shown in the  figure 11 at the right, and also in Appendix C, enlarged for easier viewing.  The key component of this data is the field strength in the 5 cm region between each set of coils.  It is here that the strongest gradient is produced, but also maintained with a signficant degree of linearity, only deviating at the extremes near each pair of coils.  This simulation, which afforded a high degree of linearity was computed with a distance of 20 cm between the pairs of coils.  The simulation was run with 3 A of current flowing through the wires which had 10 turns on each of the four coils.  Figure 12 shows how the linearity of the field can change with respect to different distances between coils.  In the experimental coils, the field was measured across a 30 cm distance.     

These findings show how the optimization of linearity within a field is impacted by coiling geometries, of which only one parameter is investigated here.  The gradient coils tested experimentally here do not represent the optimal configuration for winding, but rather a validation platform to show that the simulations model magnetic fields effectively.
To further validate and demonstrate the versatility of the simulation script, two other coil configurations were simulated.  First, the fields generated from one pair of coils were simulated to map how the field decays with respect to distance from the coils.  Second, a simulation was completed  in which the current in one pair of coils was reversed (denoted as coils without bucking).  Results of these simulations are contained in the appendix.

Experimental Results

Again, the results of primary interest are the magnetic field strengths through the bore of the theoretical MRI, or that is parallel to the orientation of the coils.  The data for this field is presented in figure 13, and also is enlarged in Appendix C.  The shape of this curve is expected to align closely to those observed in figure ## above from the simulation, although the simulation shown is computed with a coil spacing of 20 cm, while the coils were computed with a 30 cm spacing.  Still the data presented shows a close correlation between the shapes of the simulated and experimental data.   As with the results of the simulations, additional experimental data are included in the appendix.  These include measurements of the magnetic field across the bore for the final coil design along with measurements of the two additional coil configurations as cited in the simulation: one set of coils, and coils without bucking.  

In all of the data gathered, the shapes of the curves matched up very well to the simulations on a qualitative level.  However, the computed magnetic fields of those measured varied by approximately an order of magnitude.  This discrepancy was very undesirable, but a number of factors may have contributed to it, including signal noise, and a limited calibration methodology.
Potential Sources of Error

Although experimental data fit simulated data well, as expected, a few experimental errors likely contributed to the observed variations.  The signal from the Hall-Effect Probe was quite noisy and showed strong evidence of interference from other electromagnetic fields, mainly the power supply, resulting in an inconsistent baseline reading.  Additional sources of error potentially include calibration and/or probe placement measurement errors during data acquisition.

Future Work

Modifications to the coil design and the experimental setup can be implemented to correct the sources of error and improve the linearity of the gradient field created.  The accuracy and precision of the Hall Effect Probe could be improved by filtering the data signals with a low-pass filter to decrease noise and outside disturbances.  This could also be achieved by using a Ferrite Toroid Hall Effect current transducer, which would help to reduce signals from other sources.  The experimental set-up should also be isolated from electromagnetic factors or could include a Faraday cage to minimize outside disturbances.  Also, a more precise calibration for the Hall Effect Probe should be utilized.  More data points obtained on a finer scale would likely provide for more accurate results so that outlying data points do not skew the data as much.  Mechanically automating data acquisition would allow for faster data acquisition and increased precision.  Acquiring data for horizontal planes of the coils rather than just about the central horizontal plane would be important to further validate the coil design and experimental set-up.

The coil design will be modified to optimize the linearity of the gradient field produced.  To improve linearity, the coil sets should be formed about a cylindrical mold, as will likely be applied to the final version of the MRI system, which will enable the more distal ends of the coils to contribute more to the magnetic field produced in the middle space between the coil sets.  Additionally, increasing the number of turns in each coil and/or moving the coil sets closer together should improve the linearity of the gradient field by increasing the magnetic fields and preventing decay before the magnetic fields from each coil set overlap with one another.  This set-up should prove to be linear for all values of current.  If the amount of current is increased, additional consideration of resistivity and heat tolerances of the wire would be required. 

Conclusions
 A simulation script was developed to approximate magnetic field strengths produced by a given coil design.  This simulation was validated by measuring the magnetic fields created by a variety of coil windings.  A set of coils was constructed based on a Golay pair concept with the aim of generating a linearly varying x-gradient.  Though the measured data showed some variability, it corresponded fairly well to the simulated fields.  The simulation showed a significant degree of linearity within a confined area of the magnetic field.  The measured field also showed some linearity, though less reliably.  Future work will build on the knowledge gained from the simulations and experimental data to refine data acquisition methods and to optimize coil design.  The coils designed in this project represent a proof of concept for generating desirable linear gradient fields.   Ultimately, the gradient coils constructed in this project will be refined and then combined with a coil creating a gradient along the bore to comprise a full MRI gradient system.  This system will be incorporated into the modular, desktop MRI system.  
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Appendix A – Product Design Specifications

Low Cost and Modular Gradient System for MRI Studies

Last Modified: October 3, 2008

Team:
Neal Haas (BSAC)


Peter Kleinschmidt (Leader)


Annie Loevinger (Communicator)


Luisa Meyer (BWIG)

Function:
This project is part of a larger goal to build a low-cost and modular MRI system for testing of novel multi-mode intravascular MRI probes with tracking, imaging and RF ablation capabilities.  This component of the project will involve the designing, simulating, building, and testing of gradient coils to function with the system. The system will form an essential part of a low-cost MRI system.

Client Requirements:

· System needs to be low cost, simple

· Small in size but still functional

· Exhibits a high degree linearity in the magnetic field produced

Design Requirements:

I. Physical and Operational Characteristics

1. Operating Environment

a. Pulse Duration:  .008 – 11 msec 

i. Needs to be defined by Client based on other components

b. Clinical Magnet Field Strength

i. 1.5 T

ii. Permanent Magnet still needs to be determined by client
c. Amplifier Properties – TBD

i. Will use DC, could be modified to AC in the future

ii. Still needs to be determined by client

2. Materials

a. Type of Metal:  Copper Magnet Wire – 14 Gauge
b. Coil Forms made of Acrylic, held in place with non-ferrous screws.

c. Magnetic fields will be validated with Hall Effect Probe

3. Size

a. Bore has two concentric cylinders

i. Magnet is on Outer Cylinder

ii. Gradient Coils are wrapped around inner cylinder

b. Inner diameter of RF Coils (inside Permanent Magnet) = ~12 in.

4. Accuracy and Reliability

a. Coils should optimize linearity of field generated
II. Production Characteristics

1. Quantity

i. Only one unit will be produced at this point

2. Cost

i. Fully Functional System < $10k (ideally $3-5k)

III. Miscellaneous

1. Standards and Specifications:
i. The system is intended for experimental use and as such does not require FDA approval.
ii. No human subjects will be used at this time, so IRB approval is not needed.
2. Patient Related Concerns
i. The system is not currently being designed for human testing.  In the future, design modifications may be needed to make it safe for patient testing
3. Competition

i. Existing products are clinical MRI machines

ii. Research has been done in the field to simplify clinical systems to a modular interface.  This is similar to goals of the project, but still integrate expensive clinical systems (Stang, et al., 2008)

Appendix B – Simulation Scripts
Biot-Savart Computation
clear
%Load vector for coils with three separate components: x, y and z
uiload
clc
vector=[x,y,z];
%Define range of computation
maxx=1.01.*max(x);
minx=1.01.*min(x);
maxy=1.01.*max(y);
miny=1.01.*min(y);
maxz=1.01.*max(z);
minz=1.01.*min(z);
%define number of divisions between min and max range
pts=input('Define number of divisions of grid:');
%Define Vertical position of horizontal plane for evaluation, center=0.
zplane=input('Define Z-Plane on which to compute: (numeric) ');
%The next block of code generates an array of computation points
stepx=(maxx-minx)/pts;
stepy=(maxy-miny)/pts;
stepz=(maxz-minz)/pts;
for p=0:pts
    ex(p+1)=minx+stepx.*p;
    ey(p+1)=miny+stepy.*p;
    ez(p+1)=minz+stepz.*p;
end
yrow=ey;
zrow=ez;
vectcomp=[];
for q=0:pts
    yrow(q+1,:)=ey(q+1);
    zrow(q+1,:)=ez(q+1);
    vect=[ex;yrow(q+1,:)];
    vectcomp=[vectcomp,vect];
end
zrow=vectcomp(1,:);
for q=0:pts
    zrow(q+1,:)=ez(q+1);
end
vectcomp2=[];
for q=0:pts
    vect2=[vectcomp(1,:);vectcomp(2,:);zrow(q+1,:)];
    vectcomp2=[vectcomp2,vect2];
end
%End of computational array generation
x0=vectcomp2(1,:);
y0=vectcomp2(2,:);
z0=zplane;
I=input('I=? ');
mu=4*pi*10^(-7);
AllBi=[];
AllBj=[];
AllBk=[];
%The next block of code computes the magnetic field contribution of each
%segment of wire defined by the input vectors at line 3.  This computation
%is carried out for each point in the array of computation.
for q1=1:numel(zrow)-1
    l=length(x)-1;
    for n=1:l
        sx(n)=x(n)-x(n+1);
        sy(n)=y(n)-y(n+1);
        sz(n)=z(n)-z(n+1);
        rx(n)=x(n)-x0(q1);
        ry(n)=y(n)-y0(q1);
        rz(n)=z(n)-z0;
    end
    s_cross_r_i=sy.*rz-ry.*sz;
    s_cross_r_j=-(sx.*rz-rx.*sz);
    s_cross_r_k=sx.*ry-rx.*sy;
    mag_r_squared=rx.^2+ry.^2+rz.^2;
    scri_divrsq=s_cross_r_i./mag_r_squared;
    scrj_divrsq=s_cross_r_j./mag_r_squared;
    scrk_divrsq=s_cross_r_k./mag_r_squared;
    i_all=transpose(scri_divrsq);
    j_all=transpose(scrj_divrsq);
    k_all=transpose(scrk_divrsq);
    i=sum(i_all);
    j=sum(j_all);
    k=sum(k_all);
    Bi=mu.*I./4./pi.*i;
    Bj=mu.*I./4./pi.*j;
    Bk=mu.*I./4./pi.*k;
    AllBi=[AllBi,Bi];
    AllBj=[AllBj,Bj];
    AllBk=[AllBk,Bk];
end
%End of Biot-Savart Computations
magB=sqrt(AllBi.^2+AllBj.^2+AllBk.^2);
en=0;
st=0;
magBT=[];
%The next block of code generates matricies for plotting each of the
%magnetic field components with the mesh function.
for g=0:pts
    st=g*(pts+1)+1;
    en=en+pts+1;
    magBT=[magBT;magB(st:en)];
end
en=0;
st=0;
magBi=[];
for g=0:pts
    st=g*(pts+1)+1;
    en=en+pts+1;
    magBi=[magBi;AllBi(st:en)];
end
en=0;
st=0;
magBj=[];
for g=0:pts
    st=g*(pts+1)+1;
    en=en+pts+1;
    magBj=[magBj;AllBj(st:en)];
end
en=0;
st=0;
magBk=[];
for g=0:pts
    st=g*(pts+1)+1;
    en=en+pts+1;
    magBk=[magBk;AllBk(st:en)];
end
%Shrink size of z so coils can be super-imposed onto graphs
zshrink=z.*(10^(-4)).*2;
%Generate Summary plot Window with Magnitude, and 3 components of field
subplot(2,2,1); meshc(ex,ey,magBT); title('Magnitude of B')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
subplot(2,2,2); meshc(ex,ey,magBi); title('Bi')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
subplot(2,2,3); meshc(ex,ey,magBj); title('Bj')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
subplot(2,2,4); meshc(ex,ey,magBk); title('Bk')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
%Generate individual plot windows of those created above for easier
%viewing.
figure
mesh(ex,ey,magBT); title('Magnitude of B')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
figure
mesh(ex,ey,magBi); title('Bi')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
figure
mesh(ex,ey,magBj); title('Bj')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
figure
mesh(ex,ey,magBk); title('Bk')
hold on
plot3(x,y,zshrink,'-g', 'linewidth', 2)
hold off
Fieldlines Computation

xenlg=magBi.*(10e2);
yenlg=magBj.*(10e2);
zshrink=z.*(10^(-4)).*2;
figure
hold on
for px=1:length(ex);
    for py=1:length(ey);
        x0=ex(px);
        y0=ey(py);
        x1=x0+xenlg(py,px);
        y1=y0+yenlg(py,px);
        plot([x0,x1],[y0,y1],'-b')
        %plot(x1,y1,'^g')
        plot(x0,y0,'.r','linewidth',2)
    end
end
plot3(x,y,zshrink,'-g','linewidth',2)
hold off

Figure � SEQ Figure \* ARABIC �1� – Coordinate system for the MRI





Figure � SEQ Figure \* ARABIC �2� – Illustration of variance of gradient strength.  A high degree of linearity is desirable.  Source: http://mrsrl.stanford.edu/~brian/mri-movies/gradientsignal.jpg








Figure � SEQ Figure \* ARABIC �3� – The Helmholtz Coil Pair


�HYPERLINK "http://www.oersted.com/helmholtz_coils_1.shtml"�www.oersted.com/helmholtz_coils_1.shtml�





Figure � SEQ Figure \* ARABIC �4� – The Magnetic Field Created by Helmholtz Coil Pair


http://hyperphysics.phy-astr.gsu.edu/hbase/magnetic/helmholtz.html








Figure � SEQ Figure \* ARABIC �5� – The Maxwell Coil Pair and Direction of Current Flow


http://physics-nmr.la.asu.edu/probes/hightemp/Images/maxwellpair.jpg








Figure � SEQ Figure \* ARABIC �6� – The Golay Coil Pairs


www.dotynmr.com/mri/mri_fcgcpg.htm 








Figure � SEQ Figure \* ARABIC �7� – Experimental Setup with two sets of coils.  The probe stand is situated between the coils, at the height of the center of the coils.





Figure � SEQ Figure \* ARABIC �8� – Dimension of coils and current directionality.





Figure � SEQ Figure \* ARABIC �9� – Diagram of Hall Effect Probe function.  Magnetic Flux through the probe changes the Hall Voltage, VH.





Figure � SEQ Figure \* ARABIC �10� – Amplification circuit schematic





Figure � SEQ Figure \* ARABIC �11� – Effect of varying coil distance on linearity of magnetic field.  Apparent optimal linearity for the coils depicted in Figure 11 occurs at about 20 cm.





Figure � SEQ Figure \* ARABIC �12� – Simulation of the  component of the magnetic field directed through the theoretical bore of the MR.  The region between the two sets of coils shows a large region of desirable linearity.  Field calculated with a distance between pairs of 0.20 m. (enlarged version in Appendix C





Figure � SEQ Figure \* ARABIC �13� – Measured data of magnetic field in x direction, through bore. 
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